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Introduction 9

In 1619, ‘The osteology lesson by Dr. Sebastiaen Egbertsz’ was painted, probably by Nicolaes 
Eliaszoon Pickenoy. In this painting five surgeons, who were the authorities of a guild, are 
witnessing an osteology lesson, which is given by the venerable doctor Sebastiaen Egbertsz. It 
is clear that already back in the 17th century studying bone was highly valued. In this thesis we 
also studied bone with the aim to provide a detailed overview of local bone regenerative op-
tions that would profit trauma, orthopedic and maxillofacial surgery: BUILDING BETTER BONE.

BONE

The human body is a wonderful working machine. One of its organs is the bone, which is 
a local functioning rigid organ that is present throughout the body in different shapes and 
sizes. Bones allow muscles to move within a specialized joint structure and in some cases 
they provide organ protection (1). Bone consists of three cells types, which all serve a different 
function, but together they form extracellular bone matrix, and maintain and remodel it (Fig. 
1). Osteoblasts produce osteoid, an uncalcified matrix of collagen fibers and secrete alkaline 
phosphatase, which facilitates calcium entrapment and thereby mineralization of the bone 
matrix. Osteocytes are differentiated osteoblasts that are surrounded by this mineralized bone 
matrix. They are the manager of the bone, as they communicate with the surroundings and act 
as a mechanosensory system that regulates bone remodeling through different pathways. Bone 
is remodeled by removing bone matrix, which is done by osteoclasts. Bone can be formed in a 
direct and indirect manner. The direct form of bone formation, also called intramembraneous 
bone formation, accounts for ossification in which mesenchymal stem cells (the precursors of 
osteoblasts in the bone marrow) condense and directly differentiate into osteoblasts to deposit 
osteoid that becomes bone matrix. The indirect way is called endochondral bone formation, 
in which cartilage is formed and replaced by bone marrow and bone matrix over time (2). The 
known local paracrine regulators, like bone morphogenetic proteins, are working together with 
hormones travelling through the bloodstream, to control both bone development and bone 
remodeling (1). If bone is deposited without previous resorption, bone development provides 
a size and shape change, (3). With bone remodeling, resorption by osteoclasts precedes bone 
formation by osteoblasts. However, osteoclasts get instructions from osteocytes. The instruc-
tions are probably relayed, in part, to flattened osteoblast lining cells, which cover the bone 
remodeling area (Fig. 1) (4).
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The cellular mechanisms responsible for the adaptation of bone are development and remodeling.

BONE FRacTURE

Sometimes bones malfunction; for example if there is a fracture. Fracture healing progresses 
through consecutive phases of inflammation, repair and remodeling. In most cases bone 
spontaneously heals and restores its function without significant scarring. There are several 
ingredients necessary to optimize fracture healing, which are osteogenic (precursor) cells, os-
teoinductive stimuli, mechanical environment, and vascular supply (5). Osteogenic cells are bone 
forming cells and osteoinduction is the ability to stimulate or promote bone formation (5-7). In 
several conditions bone healing capacity is compromised, including critical sized defects which 
happen through traumatic injury, osteomyelitis or bone tumor resections. If this happens or if 
fracture repair is not working well, a bone defect can develop or a so-called non-union, which 
occurs in almost 5 % of all fractures (8). There are a significant amount of risk factors for non-
union, like the type of injury and bone (open fractures, high-energy injury), surgeon related 
(e.g. surgical treatment), patient specific (e.g. immunocompromised, diabetes, osteoporosis) 
and use of certain medications (e.g. anticoagulants, anticonvulsants) (Fig. 2) (9).
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An overview of the biological events of fracture healing. If there is a lack of fusion, a non-union develops, which could be 
caused by multiple factors.

BONE REGENERaTION aND ITS cLINIcaL appLIcaTION

The quest for the most efficient way to substitute for lost bone and to develop the best bone 
replacement material has been pursued for thousands of years (10). Skull replacements, prob-
ably due to trepanation, were made by gold and silver plates, shells, gourds and even animal 
bone, dating back more than 4000 years (10).

Bone grafting is widely used in orthopedic, oral and maxillofacial procedures for augmenta-
tion and acceleration of bone regeneration, which is the way of bone to regenerate itself, or 
restoration of bony defects. It is the second most frequent tissue transplanted worldwide, just 
after blood transfusion (11-13). The gold standard to fix bone where it is lacking, is autologous 
bone grafting (14), amounting over 2.2 million annual substitute procedures worldwide (15). They 
are histocompatible and nonimmunogenic, and thereby reducing transmission of infections. 



12 Chapter 1

However, there is a high complication rate and a limited availability for autogenous bone graft 
harvesting (16, 17). The next step, which accounts for one third of the grafts in the US, is the use 
of allografts. An allograft involves transplanting fresh or fresh-frozen donor bone tissue, often 
from a cadaver. This bone is osteoconductive, which is the ability of the graft to function as a 
scaffold for ingrowth of new bone and sprouting capillaries (18, 19). Also, they avoid donor site 
morbidity, there is an abundant supply in various forms and sizes and it can be used off-the 
shelf. However, it lacks osteogenic cells and osteoinductivity and there are some concerns 
about sterility of the grafts.

Other ways to improve bone regeneration ingredients are the use of (differentiated) stem 
cells (cell-based), growth factors, which are often combined by scaffolds (material-based), local 
stimulation or systemic stimulation (stimulus-based) (Fig. 3) (20-23).
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Cell based
Cell-based approaches are mainly based on mesenchymal stem cells (MSCs) (24, 25).

A stem cell is an undifferentiated cell, found among differentiated cells in many tissues or 
organs, and is capable of extensive self-renewal, plasticity and multilineage potential (26). These 
cells are categorized as embryonic stem cells (derived from cells from the embryo) (27), induced 
pluripotent stem cells (genetically engineered cells derived from adult cells, mostly adult fibro-
blasts) (25, 28) and adult stem cells, such as the MSCs (Fig. 3). MSCs exist in the stroma of bone 
marrow and other organs and tissues; hence they are also named “stromal stem cells” (24). MSCs 
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can be derived from humans (autologous or allogenic) or animals (xenogenic). The considerable 
advantages of MSCs resides in the ease of isolation and “ex vivo” growth in culture, while 
preserving to a certain extent their plasticity and self-renewal potential (26). Upon appropriate 
in vitro culturing, MSCs can be differentiated into different lineages such as bone cells (os-
teoblasts and osteocytes), cartilage cells (chondrocytes), fat cells (adipocytes) (29). However, 
there are currently only a few clinical trials ongoing that exploit MSC-based treatment as bone 
regenerative strategies (see www.clinicaltrial.gov). The clinical success of MSC-based bone 
regeneration stays hitherto disappointing. Other cell-based bone regeneration approaches are 
currently investigated, e.g. using periosteal cells (30).

Material based
Many (bio)materials have been tested and new materials are continuously being investigated 
for bone regeneration purposes. The term “scaffold” has been adopted to specify a biomaterial 
that can provide some mechanical support. Here, “support” is not only used in a mechanical 
perspective, but also to describe the biomaterial as a biological platform that provides the 
correct repair and restoration of the physiological/histological features of injured tissues during 
the healing process (20, 31). Scaffolds, e.g. calcium phosphates or metals, must be biocompat-
ible, preferably be biodegradable, facilitate good cell penetration and bone ingrowth, provide 
biomechanical support until the cells regenerate new bone, be inexpensive, readily available 
and easy to produce and handle (32-34). In general the properties of a biomaterial in a qualitative 
manner are described with the following criteria: osteogenicity, osteoconductivity and osteoin-
ductivity (35), which were explained before. They have overcome some of the problems related 
to autografts or allografts, as the latter are widely available without causing much complica-
tions, are biocompatible and disease transmission is no major issue (36). But, a major drawback 
of bone substitutes is the lack of osteoinductive properties (34). To induce bone formation there 
are different options, like adding cells to a scaffold (e.g MSCs or differentiated MSCs), growth 
factors (e.g. bone morphogenetic protein (BMP), vascular endothelial growth factor (VEGF)), 
(combine) different scaffold materials (e.g. a polymer with a metal), or even use stimuli from 
outside the scaffold (e.g. drugs such as bisphosphonates) (Fig. 3). Another easy way to improve 
(bio)material-bone regeneration, is adapting a scaffold (e.g. use surface treatments or change 
the size, shape or porosity for example by 3D printing) (33). Bare in mind that this could not 
only change the osteoconductive properties, but also the biomechanical. Disadvantages of 
material-based bone regeneration are the possibility of an immunological rejection or ectopic 
bone formation, and of course there is always the general risks of the operative procedure itself 
required to place the scaffold, including risk of a bacterial infection.

Metals, such as titanium, have been used extensively to produce orthopedic implants in a 
multitude of different forms (37, 38). The titanium alloy Ti6Al4V (Titanium with 6 % Aluminum and 
4 % vanadium) is mostly used for the production of bone plates and hip or knee implants. It is 
biocompatible, has a low corrosion rate and is easily available at a reasonable price range (39). 
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Titanium and its alloys can be used in modern 3D metal printers and thereby optimized from 
a biomechanical point of view with adaptation of its architecture to highly porous structures 
and every possible shape (40, 41). This could be very favorable for bone and vessel ingrowth or 
incorporation of smart inductive gels to further stimulate bone regeneration (42, 43). In addition, 
the large surface of the porous structure allows for various treatment options to create a coat-
ing that may induce better bone formation, e.g. by enlarging the surface area on which growth 
factors could adhere, or by inducing better cell attachment, cell proliferation, and expression 
of osteogenic markers (44-46). A disadvantage of porous titanium is that it could be difficult to 
remove, for example if an infection occurs, due to the potential enormous bone ingrowth and 
rigid fixation.

The most clinically used synthetic bone substitutes are based on calcium phosphates, such 
as hydroxyapatite or tricalcium phosphate (47). They are made of ‘bone-like’ material, and have 
the ability to induce osteoblastic differentiation in progenitor cells (48). They have good bio-
compatibility, osteoconductivity and sometimes osteoinductivity (47, 49, 50). To improve its bone 
forming capacity the surface properties such as roughness or surface chemical characteristics 
could be optimized. Other means of creating better bone ingrowth is to add cells or growth 
factors, sometimes combined with a hydrogel, in the pores of such scaffolds (50).

The second most used method, to treat patients with irreversible bone defects, is to provide 
local growth factors. Human specific growth factors can be manufactured using recombinant 
techniques in dedicated cell cultures. The most well-known growth factor for bone regenera-
tion is human recombinant bone morphogenetic protein (rhBMP), but other growth factors 
that have been investigated are fibroblast growth factor-2 (FGF-2) and platelet-derived growth 
factor (PDGF) (Fig. 3). BMPs were identified over half a century ago and induce the differentia-
tion of MSCs towards the chondrogenic and osteogenic lineages (6). Recombinant human BMPs 
are clinically very effective for fracture repair of tibia and spinal fusion, and often applied in 
combination with a collagen based scaffold to keep the rhBMP at the treated area. They are 
also used off-label for many other bone repair therapeutics (51, 52). However, there are some side 
effects reported, such as postoperative inflammation and ectopic bone formation (53-55). This 
could be explained by different reasons, such as the wrong delivery system. That is why most 
research is now focused on finding the optimal carrier material of rhBMP (56).

An ideal carrier material would be an extension of the bodies own carrier methods for bone 
repair (57). One of the first steps after a fracture is the formation of a fibrin clot, which provides 
binding for cellular attachment, cell proliferation and growth factor adherence, such as for 
BMP (58, 59). Natural biomaterials, such as collagen, have the ability to mimic such a fibrin clot to 
some extent, while being biocompatible, biodegradable and osteoconductive (52). However, it 
would be more logical to use fibrin by itself, which can be injected as a liquid and solidifies soon 
after, which could fill a bone defect of any shape. Unfortunately, fibrin is lacking mechanical 
strength, so most people combine it with other materials such as calcium phosphates (59-63), 
which also keeps the fibrin in the treated area (59).
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stimulus based
A lot of research has been performed within the last decade to stimulate bone regeneration 
with a wide variety of methods that have a mechanical or biophysical basis. There are five 
well known stimuli: extracorporeal shock wave therapy (ESWT), pulsed electromagnetic fiield 
(PEMF) therapy, whole body vibration (WBF), low-intensity pulsed ultrasonography (LIPUS), and 
pulsed shortwave therapy (PSWT) (Fig. 3). Previously, it was shown that shock wave therapy 
had the most potential (64-68).

Shock waves were first used in human medicine in 1981 to destroy kidney stones. In 
February 1985 extracorporeal shock wave lithotripsy received FDA approval. In the following 
years some studies were performed to evaluate the effect of shock waves on bone tissue (69-71). 
Positive results led to a first device on the market for orthopedic applications in 1992. It lasted 
till 2000 before FDA approval was received and a whole new field of research was born. The 
working mechanism of shock wave therapy is not well understood, but it is thought that shock 
waves induce a high mechanical energy pulse through tissues, which is absorbed as it travels 
through interfacing tissues with different elastic properties. This energy uptake is suggested 
to deform the tissue and stimulate the bone cells to induce bone formation (70, 72). It has been 
shown that application of ESWT results in thickening of the periosteum, where multipotent 
mesenchymal stem cells are present and could differentiate towards the osteogenic lineage 
(73-75). Shock waves stimulate osteoblast formation and subsequently bone regeneration leading 
to cortical thickening (68, 76, 77). In the bone-marrow, ESWT results in enhanced proliferation and 
maturation of osteoprogenitor cells leading to new bone formation (73, 78). The obvious advan-
tage of ESWT is the fact that no operation is needed and studies so far have never indicated 
any major side effects. However, shock wave therapy can be quite painful and local or systemic 
anesthesia is required, which limits its clinical implementation.

Sometimes there is a systemic lack of bone, which is mostly due to osteoporosis. In os-
teoporosis the bone stock is diminished leading to a higher chance of a fracture. Fixation of a 
fracture in osteoporotic bone can be problematic due to the lower mechanical grip of screws in 
the low dense bone (79, 80). Osteoporosis is normally diagnosed by determining the bone mineral 
density (BMD) that is measured by a Dual Energy X-ray (DXA) scan (81). With this information 
predictions can be made of the probability of a (new) fracture in the future. Standard treat-
ment is lifestyle advice (e.g. calcium and vitamin D use), fracture prevention (e.g. exercise and 
balance programs) or medication like bisphosphonates, denosumab or teriparatide (79, 80, 82). 
However, new therapies like antisclerostin, and strontium renalate are being developed, which 
is, however, not in the scope of this thesis.

For the future there are still multiple challenges in treating bone defects or bone loss (Fig. 
4). The most important is patient satisfaction, as it is the patient were all the research and 
development should be focused on (83). In the end, we hope to find the optimal combination 
of cell and/or material and/or stimulus bone regeneration with an analytical and integrative 
approach considering various aspects related to biology, engineering as well as ethical and 
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medical aspects. Ideally, an off-the-shelf bone substitute should at least perform equally well 
as the autologous gold standard treatment.

Figure 4. Future bone regeneration perspectives.
All of the mentioned aspects are important when developing bone regeneration methods.

aIM aND OUTLINE OF ThIS ThESIS

Three different ways of bone regeneration were studied in this thesis and the separate or 
combined potential of these options to enhance bone regeneration were addressed. In most of 
the experiments we used a well-known non-union model in the femur of a rat to test if bone 
was regenerating. This model involves an operative procedure to create a 6 mm defect in the 
right femur of the rat, which is fixated with a small fracture fixation plate. If this defect is left 
open, the bony ends will never grow together and the result is a so-called non-union (Fig. 5).
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The first part of this thesis focuses on the use of new stem cell-based approaches to enhance 
bone regeneration, hereby called ‘cell-based’ bone regeneration. Chapter 2 starts with the use 
of chondrogenic differentiated stem cells, which were packed together as small cell aggregates, 
called pellets, and implanted in cortical bone defects in immune-incompetent rats. In Chapter 
3, chondrogenic differentiated pellets from humans were implanted in cortical bone defects in 
immunocompetent rats to evaluate the immune response on bone formation and the possibil-
ity for a xenogenic approach. The pellets were combined with a fibrin carrier to keep the pellets 
together and make expansion of the construct easier.

The second part of this thesis focuses on the development of bone graft substitutes, hereby 
called material-based bone regeneration. We combined different materials and/or bioactive 
factors. In chapter 4, we studied fibrin as a carrier of the growth factor BMP-2 in cortical bone 
defects in rats. In chapter 5, we designed and evaluated two different porous titanium implants 
and determined their potential to function as a load-bearing osteoconductive scaffold in corti-
cal bone defects in rats. Additive manufacturing of one of these porous titanium implants with 
osteoinductive properties was evaluated through several strategies in the next chapters. In 
chapter 6, printed porous titanium was combined with high molecular weight fibrin and BMP-2 
and implanted in the cortical femur defects in rats. Chapter 7 was a follow-up study of the study 
performed in chapter 6, however different types and dilutions of fibrin were compared in vitro 
and in vivo in the femur defect in rats and compared to empty titanium controls.

The final part of this thesis focuses on studying and elucidating the use of extracorporeal 
shock wave induced bone regeneration, hereby called ‘stimulus-based’ bone regeneration. In 
chapter 8, we studied the effect of shock wave therapy on osteointegration in three different 
bone substitutes implanted in cortical defects in rats. In chapter 9, we investigated the effects 
of shock wave therapy on bone formation around screws after fixation in rat femora and tibiae. 
At last, we performed a pilot study of shock wave therapy on distal forearms in humans as a 
new local treatment for osteoporosis and the potential shock wave based fixation of orthopedic 
implants in osteoporotic bone (chapter 10).

This thesis ends with the conclusion and general discussion of the work presented (Chapter 
11), followed by an English summary in chapter 12 and a Dutch summary in chapter 13.
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aBSTRacT

Grafting bone defects or atrophic non-unions with mesenchymal stromal cells (MSCs)-based 
grafts is not yet successful. MSC-based grafts typically use undifferentiated or osteogenically 
differentiated MSCs and regenerate bone through intramembranous ossification. Endochon-
dral ossification might be more potent but requires chondrogenic differentiation of MSCs. 
Here, we determined if chondrogenically differentiated MSC (ch-MSC) pellets could induce 
bone regeneration in an orthotopic environment through endochondral ossification. Undif-
ferentiated MSC pellets (ud-MSC) and ch-MSC pellets were generated from MSCs of human 
donors cultured on chondrogenic medium for respectively three (ud-MSC) and 21 (ch-MSC) 
days. A 6 mm femoral bone defect was made and stabilised with an internal plate in 27 athymic 
rats. Defects were left empty for six weeks to develop an atrophic non-union before they were 
grafted with ch-MSC pellets or ud-MSC pellets. µCT scans made four and eight weeks after 
grafting showed that ch-MSC pellets resulted in significantly more bone than ud-MSC pellets. 
This regenerated bone could completely bridge the defect, but the amount of bone regenera-
tion was donor-dependent. Histology after seven and fourteen days showed slowly mineralising 
pellets containing hypertrophic chondrocytes, as well as TRAP-positive and CD34-positive cells 
around the ch-MSC pellets, indicating osteoclastic resorption and vascularisation typical for 
endochondral ossification. In conclusion, grafting critical femoral bone defects with chondro-
genically differentiated MSC pellets led to rapid and pronounced bone regeneration through 
endochondral ossification and may therefore be a more successful MSC-based graft to repair 
large bone defects or atrophic non-unions. But, since bone regeneration was donor-depend, 
the generation of potent chondrogenically differentiated MSC pellets for each single donor 
needs to be established first.
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INTRODUcTION

Bone development and fracture repair occur through intramembranous or endochondral os-
sification (84). In intramembranous ossification, mesenchymal stromal cells (MSCs) differentiate 
directly into osteoblasts that form bone. In endochondral ossification, MSCs differentiate into 
chondrocytes, which form a cartilage template (1). Chondrocytes within this template become 
hypertrophic and start to secrete cytokines such as vascular endothelial growth factor (VEGF), 
and enzymes like alkaline phosphatase (ALP) and proteases (e.g. matrix metalloproteinases 
(MMPs)). Together, these factors stimulate vascularization and mineralization of the cartilage 
template, which is subsequently resorbed by attracted osteoclasts and replaced by bone. Which 
type of ossification predominantly occurs in fracture repair is highly dependent on biomechani-
cal conditions. Absence of motion results in intramembranous ossification, although this is only 
capable of bridging small gaps (200–500 µm), whereas micromotions stimulate endochondral 
ossification, through which larger fracture gaps are regenerated (85).

Despite modern treatment, fracture repair remains insufficient or impaired in 10 % of all 
fractures resulting in non-unions or persistent bone defects (86). Bone defects and atrophic 
non-unions can be treated with bone grafts, for which the current gold standard material is 
autologous bone (7). However, harvesting autologous bone results in a high morbidity rate (10-
40 %) (16, 87), and the amount that can be harvested is limited. These disadvantages fuelled 
the development of bone graft substitutes. Ideally a bone graft substitute should consist of a 
biodegradable material that offers direct mechanical support and functions as an osteoconduc-
tive scaffold that facilitates bone regeneration. Also the material should provide osteogenic and 
angiogenic stimuli to enhance bone regeneration and vascularisation (5). Bone graft substitutes 
currently available for clinical use mainly rely on osteoconductive properties (88). Only in a 
small case-series, an osteoconductive bone substitute has been combined with MSCs to graft 
bone defects (89). But so far the clinical success of MSC-based grafts remains disappointing (90). 
This may be because those MSC-based grafts contained undifferentiated or osteogenically dif-
ferentiated MSCs and thus stimulated intramembranous ossification. Differentiation of MSCs 
towards chondrocytes, and thereby aiming to stimulate endochondral ossification, may be a 
more successful strategy (91).

Chondrogenically differentiated embryonic stem cells (92), embryonic chondrocytes (93) or 
MSCs (94) can undergo hypertrophy and secrete factors similar to those normally secreted by 
hypertrophic chondrocytes during endochondral ossification (e.g., VEGF, MMP-13, and ALP). in 
vivo, chondrogenically differentiated MSCs can form bone through endochondral ossification 
after ectopic implantation in mice (92, 95-97). But ectopic implantation does not fully reflect the 
complex environment of a bone defect or an atrophic non-union. In an orthotopic environ-
ment, bone regeneration starts with a low-grade inflammatory phase (98), under low-oxygen 
tensions (99), and is continuously exposed to biomechanical stimuli. All these factors are known 
to affect MSCs differentiation and survival (100). In this study, we therefore made critical femoral 
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bone defects in rats, and left these defects untreated for 6 weeks to establish an atrophic 
non-union. Subsequently the defects were grafted with chondrogenically differentiated MSC 
pellets to determine whether chondrogenically differentiated MSC pellets remain capable of 
endochondral ossification in this orthotopic environment. We hypothesized that grafting with 
chondrogenically differentiated MSC pellets enhances bone regeneration and used grafting 
with undifferentiated MSC pellets as a control. Bone regeneration was evaluated with the use 
of µCT scanning, histology and immunohistochemistry.

MaTERIaLS aND METhODS

isolation and expansion of human bone marrow cells
Human bone marrow derived MSCs of three donors (donor 1: female, 75 years, donor 2: fe-
male, 77 years, donor 3: female, 55 years) were obtained during total hip arthroplasty after 
informed consent and approval of the local medical ethical committee (METC 2004-142). Bone 
marrow aspirates were taken from the great trochanter. Heparinized aspirates were seeded at 
a density of 30 to 100 * 106 nucleated cells per T175 flask. After 24 h, non-adherent cells and 
cell debris were washed out. MSCs were further expanded in low-glucose Dulbecco’s modified 
Eagle medium (DMEM) with 10 % fetal calf serum (Lonza) supplemented with 50 µg/mL of 
gentamicin, 1.5 µg/mL of Fungizone (all Invitrogen), 0.1 mM of L-ascorbic acid 2-phosphate 
and 1 ng/mL of fibroblast growth factor – 2 (Instruchemie). Cells were cultured at 37 °C under 
humidified conditions and 5 % carbon dioxide (CO2). Medium was changed twice a week. When 
cultured cells neared confluence, they were trypsinized using 0.05 % trypsin and replated at a 
density of 2,000 cells/cm2. Cells from the third passage were used for pellet cultures.

Culturing of chondrogenically differentiated MsC pellets and undifferentiated MsC 
pellets
After detachment of cells with 0.05 % trypsin, 0.5 mL of medium, containing 200,000 cells, was 
put in a polypropylene tube. Tubes were centrifuged for 8 min at 120 g. Undifferentiated MSC 
(ud-MSC) pellets and chondrogenically differentiated MSC (ch-MSC) pellets were maintained 
for respectively three and 21 days on high-glucose DMEM, supplemented with 50 µg/mL of 
gentamicin, 1.5 µg/mL of Fungizone (Invitrogen), 0.1 mMl-ascorbic acid 2-phosphate, 40 µg/
mL L-proline, 1mM of sodium pyruvate (Sigma-Aldrich), 1:100 ITS (BD Biosciences), 10 ng/ml 
of TGF-β1 (R&D Systems), and 100 nM of dexamethasone (Sigma-Aldrich). After maintaining 
ud-MSC pellets and ch-MSC pellets for respectively three and 21 days, they were directly used 
for implantation.
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animal experiment
Twenty-seven skeletally mature male RNU rats (Charles River) were used as experimental 
animals (361 ± 36 g body weight). When the animals were 16-weeks-old a critical femoral bone 
defect was made by removal of 6 mm cortical bone, while stabilized with an internal fixation 
plate. Six weeks later, in a second surgical procedure, bone defects were grafted with ch-MSC 
pellets (n = 15) or ud-MSC pellets (n = 12). The Animal Ethics Committee of the Erasmus Uni-
versity approved the study (ECM 1493) and Dutch guidelines for the care and use of laboratory 
animals were applied.

surgical procedures
Prior to surgery, prophylactic antibiotics (enrofloxacin, 5 mg/kg body weight) and pain medica-
tion (buprenorphine, 0.05 mg/kg body weight) were administered. Surgical procedures were 
performed aseptically under general anaesthesia (1 – 3.5 % isoflurane).

During the first surgical procedure, a critical femoral bone defect was made as follows: the 
right femur was exposed through a lateral skin incision and division of underlying fascia. A 23 
mm long polyetheretherketone (PEEK) plate was fixated to the anterolateral plane of the femur 
using three proximal and three distal screws (RatFix, RISystem). Periosteum was removed over 
approximately 8 mm of the mid-diaphyseal region before removal of 6 mm cortical bone. Bone 
was removed with a tailor-made saw guide and a wire. Fascia and skin were sutured in lay-
ers using Vicryl 5-0. Antibiotic medication was continued for two days post-surgery, and pain 
medication was continued for three days.

During the second surgical procedure, six weeks later, critical bone defects were grafted 
with ch-MSC or ud-MSC pellets as follows: the right femur was again exposed through a lateral 
skin incision and division of underlying fascia. After full exposure of the femur, none of defects 
had bridged and the defect was filled with fibrous tissue (Figure 1A-B). After debridement and 
trimming of bone edges at proximal and distal side, defects were grafted with six ch-MSC or 
ud-MSC pellets (Figure 1C). Pellets were contained inside the defect by closure through intra-
muscular sutures (Vycril 5-0). Subsequently fascia and skin were sutured. Antibiotic medication 
was continued for two days post-surgery, pain medication was continued for three days. Rats 
were killed by an overdose pentobarbital.

µCt evaluation
Bone regeneration was followed longitudinally by in vivo µCT scans, acquired under general 
anaesthesia (1-3.5 % isoflurane). A timeline was acquired by scanning one rat of ch-MSC-group 
and one rat of ud-MSC-group every week, while the remaining rats (n = 8 per group) only 
underwent scans at four and eight weeks to quantify bone regeneration. µCT scans were made 
with a SkyScan 1176 scanner (Bruker micro-CT) using a 35 µm-resolution protocol (65 kV, 385 
µA current, 1 mm Al filter, and 0.5 degree rotation step, resulting in a 7 minute scan). CT im-
ages were reconstructed using volumetric reconstruction software NRecon version 1.5 (Bruker 
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micro-CT). Bone volume (BV) was quantified within the 6 mm defect after segmentation of 
calcified tissue from non-calcified tissue using a global threshold. This global threshold was 
determined based on visual inspection and was kept constant for all scans.

Histological and immunohistochemical evaluation
Histology and immunohistochemistry was done on ch-MSC and ud-MSC pellets cultured in vitro 
(n = 3 per donor) and on grafted femoral bone defects after three, seven and fourteen days (n = 2 
ch-MSC-group, n = 1 ud-MSC-group at each time-point) and after eight weeks (n = 8 per group). 
Pellets and grafted femurs were fixed in 10 % neutral buffered formalin solution for two days. 
Grafted femurs were decalcified in 10 % EDTA in PBS solution (pH = 7.4) for six weeks. Finally, all 
specimens were dehydrated in graded ethanol solutions (70 to 100 %) and xylene before em-
bedding in paraffin. Six-µm paraffin sections were cut with a microtome (Leica RM2135). Pellets 
were stained with haematoxylin-eosin (H&E) and thionin, and immunostained for collagen II, 
collagen X and VEGF. Grafted femurs were stained with H&E, thionin, and tartrate-resistant acid 
phosphatase (TRAP), and immunostained for collagen II and CD34.

Collagen II is a marker for chondrogenic differentiation and collagen X is a marker for hyper-
trophy. Antigen retrieval for collagen II was performed through 30 min incubation of sections 
with 0.1 % pronase in PBS, while antigen retrieval for collagen X required 0.1 % pepsin in 0.5 M 
acetic acid (pH = 2.0) for two hours. Both collagen II and collagen X stainings continued with in-
cubation with 1 % hyaluronidase in PBS for 30 minutes. Non-specific binding sites were blocked 
with 10 % goat serum in PBS and sections were stained overnight with primary antibodies 
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Figure 1: cortical femur bone defect model. 

Critical femur defect with PEEK plate fixation (a) and transversal µCT images directly after removal of 6 mm cortical bone and 
after six weeks. Fibrous tissue that was removed from the defect (b) before 6 ch-MSC pellets were used to graft the defect (c). 

 
5. µCT evaluation 

Bone regeneration was followed longitudinally by in vivo µCT scans, acquired under general 
anaesthesia (1-3.5 % isoflurane). A timeline was acquired by scanning one rat of ch-MSC-
group and one rat of ud-MSC-group every week, while the remaining rats (n = 8 per group) 
only underwent scans at four and eight weeks to quantify bone regeneration. µCT scans 
were made with a SkyScan 1176 scanner (Bruker micro-CT) using a 35 µm-resolution 
protocol (65 kV, 385 µA current, 1 mm Al filter, and 0.5 degree rotation step, resulting in a 7 
minute scan). CT images were reconstructed using volumetric reconstruction software 
NRecon version 1.5 (Bruker micro-CT). Bone volume (BV) was quantified within the 6 mm 
defect after segmentation of calcified tissue from non-calcified tissue using a global 
threshold. This global threshold was determined based on visual inspection and was kept 
constant for all scans. 
 

6. Histological and immunohistochemical evaluation 

Histology and immunohistochemistry was done on ch-MSC and ud-MSC pellets cultured in 
vitro (n = 3 per donor) and on grafted femoral bone defects after three, seven and fourteen 
days (n = 2 ch-MSC-group, n = 1 ud-MSC-group at each time-point) and after eight weeks (n = 
8 per group). Pellets and grafted femurs were fixed in 10 % neutral buffered formalin 
solution for two days. Grafted femurs were decalcified in 10 % EDTA in PBS solution (pH = 
7.4) for six weeks. Finally, all specimens were dehydrated in graded ethanol solutions (70 to 
100 %) and xylene before embedding in paraffin. Six-µm paraffin sections were cut with a 
microtome (Leica RM2135). Pellets were stained with haematoxylin-eosin (H&E) and thionin, 
and immunostained for collagen II, collagen X and VEGF. Grafted femurs were stained with 
H&E, thionin, and tartrate-resistant acid phosphatase (TRAP), and immunostained for 
collagen II and CD34. 

Figure 1: cortical femur bone defect model.
Critical femur defect with PEEK plate fixation (a) and transversal µCT images directly after removal of 6 mm cortical bone and 
after six weeks. Fibrous tissue that was removed from the defect (b) before 6 ch-MSC pellets were used to graft the defect (c).



2

Chondrogenically differentiated mesenchymal stromal cell pellets 27

against collagen II (II/II6B3 antibody, 1:100, Developmental Studies Hybridoma Bank, Iowa City, 
IA, under contract N01-HD-6-2915 from the National Institute of Child Health and Human De-
velopment) or collagen X (1:30, X53, Quartett, Berlin, Germany). To allow the use of monoclonal 
mouse antibodies on human constructs grafted in a nude rat, we used a method described by 
Hierck et al (101). An alkaline-phosphatase-conjugated secondary antibody was used followed by 
incubation with Neu Fuchsin substrate (Chroma) to demonstrate alkaline-phosphatase activity 
with a red staining. The positive control for collagen II was bovine cartilage, and for collagen X 
we used known hypertrophic pellets. An isotype control was taken along as negative control 
for both stainings.

VEGF is an angiogenic growth factor, and after microwave treatment in 10 mM citric acid 
buffer pH 6.0, sections were blocked with 5 % BSA in PBS for 10 min and incubated overnight at 
4 °C with VEGF antibody (sc-152, Santa Cruz Biotechnology Inc) diluted in 5 % bovin serum al-
bumin (BSA) in PBS. Secondary antibodies against human IgG were conjugated with peroxidase 
(Dako). CD34 is an endothelial cell marker indicating vessel-structures, and antigen retrieval 
for CD34 was performed through 30 min incubation with 0.1 % trypsin (Sigma). Non-specific 
binding sites were blocked with 10 % NGS and sections were incubated with primary antibody 
against rat CD34 (R&D Systems). A biotinylated rabbit antibody followed by alkaline phospha-
tase conjugated streptavidin and incubation with Neu Fuchsin substrate (Chroma) was used to 
visualize positive staining. Slides were counterstained wit haematoxylin. The positive control 
for VEGF was human skin and an isotype control was taken along as negative control.

release of angiogenic cytokines
Secretion of angiogenic cytokines was measured in culture medium taken of the ch-MSC 
and ud-MSC pellets at the day of implantation using a human cytokine angiogenic multiplex 
chemiluminescent ELISA (Cat. No. 150251HU, Quansys Biosciences). This angiogenic multiplex 
measures angiotensin II (Ang-2), fibroblast growth factor-2 (FGF-2), hepatocyte growth factor 
(HGF), interleukin-8 (IL-8), platelet derived growth factor-BB (PDGF-BB), tissue inhibitor of 
metalloproteinase 1 and 2 (TIMP-1 and TIMP-2), tumor necrosis factor-α (TNFα), and vascular 
endothelial growth factor (VEGF). Multiplex chemiluminescent ELISA kits were performed 
according to the manufacturer’s instructions and the plate was imaged using Kodak Digital 
ScienceTM Image Station 440CF system (NEN Life Science Products, Inc., Boston, MA, USA). 
Angiogenic cytokine concentrations were calculated using Q-view software® (Quansys Biosci-
ences).

statistics
The design of this study was aimed to find at least a duplication in the BV formed within the 6 
mm defect. The standard deviation of BV formed was estimated to be ~50 % based on previous 
work (44, 102, 103). A simple power calculation using a students’ t-test with a β-value of 0.8 indicates 
that both groups should consist of a minimal of 5 rats. The final decision to use 8 rats per group 
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accounted for loss of animal (e.g. failure of fixation material to stabilize the defect) or loss 
of donors (e.g. insufficient of unsuccessful chondrogenic differentiation of MSCs). Statistical 
analyses were performed using SPSS Statistics 20.0 (SPSS Inc, Chicago, Ill). The data are pre-
sented as means with standard deviation. Mixed models analysis was used to test for statistical 
differences between ch-MSC-group and ud-MSC-group, while correcting for donor effect using 
MSC donor as random factor. A p-value less than 0.05 was considered a statistically significant 
difference.

RESULTS

Culturing and characterization of ch-MsC or ud-MsC pellets
Ch-MSC pellets were 2-3 mm in diameter and contained hypertrophic chondrocytes sur-
rounded by an extensive extracellular matrix (Figure 2, a1). This extracellular matrix contained 
high levels of GAGs, collagen II and collagen X, indicated by thionin staining and collagen II and 
X immunostainings (Figure 2, b1-d1 respectively). VEGF was mainly positive in and around the 
cells, but not in the extracellular matrix (Figure 2, e1). Ud-MSC pellets were ~1 mm in diameter 
and contained densely packed cells without substantial extracellular matrix (Figure 2, a2). 
Cells had not undergone chondrogenic differentiation as no GAGs, nor collagen II or collagen 
X were observed on thionin staining and collagen II and X immunostainings (Figure 2, b2-d2 
respectively). VEGF was also produced by ud-MSC pellets and was mainly found in and around 
the cells (Figure 2, e2). Per donor, approximately 180 - 200 pellets were cultured from passage 
three human derived MSCs, which can theoretically result in 0.8 – 2.7 cm3 of ch-MSC pellets.

µCt evaluation
Two weeks after grafting the defects, ch-MSC pellets started to mineralize whereas no miner-
alization of ud-MSC pellets was observed (Figure 3). Mineralization of ch-MSC pellets started 
around the pellets and progressed towards the centre. Mineralized pellets also integrated with 
bone formed at the cortical bone edges. In one defect grafted with ch-MSC pellets of donor 1, 
bone formation was capable of completely bridging this defect within 4 weeks (Figure 4). Once 
this defect was bridged, the original bone architecture was restored through bone remodelling. 
In other defects grafted with ch-MSC pellets of donor 1 or donor 3, a minimal gap (< 0.5 mm) 
remained visible after eight weeks (Figure 5a). Defects grafted with ch-MSC pellets of donor 2 
or with ud-MSC pellets showed little bone formation and defects were not bridged.

Bone quantification showed that grafting bone defects with ch-MSC pellets led to signifi-
cantly more bone regeneration than grafting with ud-MSC pellets (p = 0.041) (Figure 5b). After 
four and eight weeks, average BV of all defects grafted with ch-MSC pellets was almost twice as 
much as defects grafted with ud-MSC pellets (4 weeks 33.1±18.8 mm3 versus 17.8±8.6 mm3, 8 
weeks 41.8±24.7 mm3 versus 24.2±12.2 mm3). This effect was donor dependent, ch-MSC pellets 
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of donor 1 and 3 resulted in BVs of 39.6±9.7 mm3 (donor 1) and 53.8±10.7 mm3 (donor 3) after 
four weeks and 53.8±19.5 mm3 (donor 1) and 63.2±0.8 mm3 (donor 3) after eight weeks. But 
grafting defects with ch-MSC pellets of donor 2 only resulted in 13.3±12.4 mm3 BV after eight 
weeks, which was not more than grafting with ud-MSC pellets (25.1±6.6 mm3). Compared to 
donor 2, ud-MSC pellets of donor 1 and 3 resulted in similar BVs and were 36.7±5.2 mm3 and 
13.8±0.1 mm3 respectively.
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Figure 2: Histology of ch-MSC pellets and ud-MSC pellets. 

Histology of ch-MSC pellets (a1) and ud-MSC pellets (a2): ch-MSC pellets were bigger and generated more extracellular matrix 
than ud-MSC pellets, bar indicates 500 µm. Detailed views showed that the extracellular matrix of ch-MSC pellets is rich of 

GAGs (b1), collagen II (c1) and collagen X (d1), indicating that ch-MSC pellets had undergone hypertrophic chondrogenic 
differentiation. VEGF was predominantly found in and around the cells (e1). Ud-MSC pellets generated little to none 

extracellular matrix and had not undergone chondrogenic differentiation (b2, c2, and d2). VEGF was found throughout the 
pellets (e2). Bar indicates 50 µm. 

 
2. µCT evaluation  

Two weeks after grafting the defects, ch-MSC pellets started to mineralize whereas no 
mineralization of ud-MSC pellets was observed (Figure 3). Mineralization of ch-MSC pellets 
started around the pellets and progressed towards the centre. Mineralized pellets also 
integrated with bone formed at the cortical bone edges. In one defect grafted with ch-MSC 

Figure 2: histology of ch-MSc pellets and ud-MSc pellets.
Histology of ch-MSC pellets (a1) and ud-MSC pellets (a2): ch-MSC pellets were bigger and generated more extracellular matrix 
than ud-MSC pellets, bar indicates 500 µm. Detailed views showed that the extracellular matrix of ch-MSC pellets is rich of 
GAGs (b1), collagen II (c1) and collagen X (d1), indicating that ch-MSC pellets had undergone hypertrophic chondrogenic dif-
ferentiation. VEGF was predominantly found in and around the cells (e1). Ud-MSC pellets generated little to none extracellular 
matrix and had not undergone chondrogenic differentiation (b2, c2, and d2). VEGF was found throughout the pellets (e2). Bar 
indicates 50 µm.
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pellets of donor 1, bone formation was capable of completely bridging this defect within 4 
weeks (Figure 4). Once this defect was bridged, the original bone architecture was restored 
through bone remodelling. In other defects grafted with ch-MSC pellets of donor 1 or donor 
3, a minimal gap (< 0.5 mm) remained visible after eight weeks (Figure 5a). Defects grafted 
with ch-MSC pellets of donor 2 or with ud-MSC pellets showed little bone formation and 
defects were not bridged. 
 

 
Figure 3: timeline of defects grafted with ch-MSC pellets or ud-MSC pellets. 

Repeated µCT scans of defects grafted with ch-MSC pellets or ud-MSC pellets of donor 1. Ch-MSC pellets mineralize after 2 weeks, 
and integrate with adjacent cortical host bone at 4 weeks. Ud-MSC pellets did not show mineralization throughout the 8 week 

follow-up. Bar indicates 1 mm. 

 

 
Figure 4: defect grafted with ch-MSC pellets. 

Remodelling of mineralized pellets (4 weeks) restoring the original cortex and medullary canal (8 weeks) of the defect grafted 
with ch-MSC pellets of donor 1 that showed complete bridging. Black arrow heads depict border of ch-MSC pellets, ‘c’ indicates 

the newly formed cortex and ‘m’ indicates the ongoing restoration of the medullary canal. Bar indicates 1 mm. 

 
Bone quantification showed that grafting bone defects with ch-MSC pellets led to 
significantly more bone regeneration than grafting with ud-MSC pellets (p = 0.041) (Figure 
5b). After four and eight weeks, average BV of all defects grafted with ch-MSC pellets was 
almost twice as much as defects grafted with ud-MSC pellets (4 weeks 33.1±18.8 mm3 versus 
17.8±8.6 mm3, 8 weeks 41.8±24.7 mm3 versus 24.2±12.2 mm3). This effect was donor 
dependent, ch-MSC pellets of donor 1 and 3 resulted in BVs of 39.6±9.7 mm3 (donor 1) and 
53.8±10.7 mm3 (donor 3) after four weeks and 53.8±19.5 mm3 (donor 1) and 63.2±0.8 mm3 

Figure 3: timeline of defects grafted with ch-MSC pellets or ud-MSC pellets.
Repeated µCT scans of defects grafted with ch-MSC pellets or ud-MSC pellets of donor 1. Ch-MSC pellets mineralize after 2 
weeks, and integrate with adjacent cortical host bone at 4 weeks. Ud-MSC pellets did not show mineralization throughout the 
8 week follow-up. Bar indicates 1 mm.
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Histological evaluation
Grafted ch-MSC pellets were clearly visible in the defect after seven and fourteen days (Figure 
6, a1-2). They formed a cartilage template that bridged the defect. After seven days, ch-MSC 
pellets were surrounded by a number of cell layers (Figure 6, b1, c1, and d1). At this time, some 
vessel-forming activity was detected around the ch-MSC pellets (Figure 6, f1: arrows), without 
substantial osteoclast activity (Figure 6, e1). After fourteen days, the cartilage template was 
reduced in size (Figure 6: b1, c1, and d1) and more osteoclast activity was observed along the 
edges of the remaining ch-MSC pellets (Figure 6, e2: arrows). Areas of osteoclast activity were 
accompanied by vessel-forming activity and vessel-like structures (Figure 6, f2: arrows). Grafted 
ud-MSC pellets also remained visible up to fourteen days, but did not form a cartilage tem-
plate inside the defect (Figure 7, a1-2). After seven and fourteen days, ud-MSC pellets had not 
undergone chondrogenic differentiation (Figure 7, b1-2, c1-2 and d1-2) and were surrounded 
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Figure 4: defect grafted with ch-MSC pellets.
Remodelling of mineralized pellets (4 weeks) restoring the 
original cortex and medullary canal (8 weeks) of the defect 
grafted with ch-MSC pellets of donor 1 that showed com-
plete bridging. Black arrow heads depict border of ch-MSC 
pellets, ‘c’ indicates the newly formed cortex and ‘m’ indi-
cates the ongoing restoration of the medullary canal. Bar 
indicates 1 mm.
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(donor 3) after eight weeks. But grafting defects with ch-MSC pellets of donor 2 only 
resulted in 13.3±12.4 mm3 BV after eight weeks, which was not more than grafting with ud-
MSC pellets (25.1±6.6 mm3). Compared to donor 2, ud-MSC pellets of donor 1 and 3 resulted 
in similar BVs and were 36.7±5.2 mm3 and 13.8±0.1 mm3 respectively. 
 

 
Figure 5: uCT images and bone volume of all three donors. 

µCT images of defects grafted with ch-MSC or ud-MSC pellets of all three donors after eight weeks (a). Defects grafted with ch-
MSC pellets of donor 1 and 3 show more bone formation than grafting with ud-MCS pellets, but defects grafted with ch-MSC 
pellets of donor 2 showed did not show more bone formation than defects grafted ud-MSC pellets of donor 2. Bar indicates 1 

mm. Bone volumes measured in 6 mm bone defect after four weeks and eight weeks (b). 

 
3. Histological evaluation 

Grafted ch-MSC pellets were clearly visible in the defect after seven and fourteen days 
(Figure 6, a1-2). They formed a cartilage template that bridged the defect. After seven days, 
ch-MSC pellets were surrounded by a number of cell layers (Figure 6, b1, c1, and d1). At this 
time, some vessel-forming activity was detected around the ch-MSC pellets (Figure 6, f1: 
arrows), without substantial osteoclast activity (Figure 6, e1). After fourteen days, the 
cartilage template was reduced in size (Figure 6: b1, c1, and d1) and more osteoclast activity 
was observed along the edges of the remaining ch-MSC pellets (Figure 6, e2: arrows). Areas 
of osteoclast activity were accompanied by vessel-forming activity and vessel-like structures 
(Figure 6, f2: arrows). Grafted ud-MSC pellets also remained visible up to fourteen days, but 
did not form a cartilage template inside the defect (Figure 7, a1-2). After seven and fourteen 
days, ud-MSC pellets had not undergone chondrogenic differentiation (Figure 7, b1-2, c1-2 
and d1-2) and were surrounded by a high number of small round cells. After seven and 
fourteen days, there was no osteoclast activity (Figure 7, e1-2) but in the surrounding tissue 
substantial vessel-forming activity was observed (Figure 7, f1-2: arrows). 
 

Figure 5: ucT images and bone volume of all three donors.
µCT images of defects grafted with ch-MSC or ud-MSC pellets of all three donors after eight weeks (a). Defects grafted with ch-
MSC pellets of donor 1 and 3 show more bone formation than grafting with ud-MCS pellets, but defects grafted with ch-MSC 
pellets of donor 2 showed did not show more bone formation than defects grafted ud-MSC pellets of donor 2. Bar indicates 1 
mm. Bone volumes measured in 6 mm bone defect after four weeks and eight weeks (b).
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by a high number of small round cells. After seven and fourteen days, there was no osteoclast 
activity (Figure 7, e1-2) but in the surrounding tissue substantial vessel-forming activity was 
observed (Figure 7, f1-2: arrows).

After eight weeks, grafted ch-MSC pellets were almost completely resorbed and replaced 
by bone (Figure 8, a1 and b1). Bone close to the remaining gap consisted of woven bone and 
some small areas of vessel-forming activity were found in the proximity of the fracture gap (Fig-
ure 9, a1 and c1: arrows), while the remaining gap consisted of cartilage tissue (Figure 9, b1). In 
defects grafted with ud-MSC pellets, no cartilage tissue nor remnants of ud-MSC pellets were 
observed (Figure 8, a2 and b2), and the remaining gap was filled with fibrous tissue (Figure 9, 
a2 and b2). Within this fibrous tissue, vessel-forming activity was clearly observed (Figure 9, c2: 
arrows). In both groups, bone observed on histology showed a good correlation with bone seen 
on corresponding µCT images (Figure 8, c1-2).

Ch-MSC pellets of donor 2, which did not stimulate bone regeneration (Figure 5), were 
smaller in size (~0.5 mm) and contained more closely packed cells than ch-MSC pellets of donor 
1 (Figure 10, a1-2) or donor 3. Cell nuclei of ch-MSC pellets of donor 2 seemed viable (Figure 10, 
c2), but the cell nuclei of ch-MSC pellets of donor 1 and donor 3 were smaller or had shrunk and 
more empty cell lacunae were observed throughout the extracellular matrix (Figure 10, c1). Ch-
MSC pellets of donor 1 and 2 had both undergone chondrogenic differentiation and consisted 
of hypertrophic chondrocytes (Figure 10, d1-2 and e1-2), but the extracellular matrix of ch-MSC 
pellets from donor 2 appeared less structured than the extracellular matrix of ch-MSC pellets 
from donor 1 (Figure 10, b1-2).

release of angiogenic cytokines
Release of hTIMP-1 and PDGF-BB is not shown because release of hTIMP-1 exceeded the upper 
quantification limit (3000 pg/ml) and release of PDGF-BB did not exceed the lower quantifica-
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Figure 6: defects grafted with ch-MSC pellets. 

Histology of the 6 mm bone defect grafted with ch-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
Detailed views show that ch-MSC pellets were surrounded by a number of cell layers (b1-2) and that the extracellular matrix 
remained rich of GAGs (c1-2) and collagen II (d1-2). Osteoclast activity was observed after 14 days (e1-2: arrows) and some 

vessel-forming activity was found in the surrounding host tissue (f1-2: arrows), bar indicates 250 µm. 
 

 
Figure 7: defects grafted with ud-MSC pellets. 

Histology of the 6 mm bone defect grafted with ud-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
Detailed views show that ud-MSC pellets were surrounded by small round cells (b1-2). Ud-MSC pellets did not form an 

extracellular matrix containing GAGs (c1-2) or collagen II (d1-2), indicating that ud-MSC pellets had not undergone 
chondrogenic differentiation. No osteoclast activity was observed (e1-2), but widespread vessel-forming activity was found in 

the surrounding host tissue (f1-2: arrows), bar indicates 250 µm. 
 
After eight weeks, grafted ch-MSC pellets were almost completely resorbed and replaced by 
bone (Figure 8, a1 and b1). Bone close to the remaining gap consisted of woven bone and 
some small areas of vessel-forming activity were found in the proximity of the fracture gap 
(Figure 9, a1 and c1: arrows), while the remaining gap consisted of cartilage tissue (Figure 9, 
b1). In defects grafted with ud-MSC pellets, no cartilage tissue nor remnants of ud-MSC 
pellets were observed (Figure 8, a2 and b2), and the remaining gap was filled with fibrous 
tissue (Figure 9, a2 and b2). Within this fibrous tissue, vessel-forming activity was clearly 
observed (Figure 9, c2: arrows). In both groups, bone observed on histology showed a good 
correlation with bone seen on corresponding µCT images (Figure 8, c1-2). 

Figure 6: defects grafted with ch-MSC pellets.
Histology of the 6 mm bone defect grafted with ch-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
Detailed views show that ch-MSC pellets were surrounded by a number of cell layers (b1-2) and that the extracellular matrix 
remained rich of GAGs (c1-2) and collagen II (d1-2). Osteoclast activity was observed after 14 days (e1-2: arrows) and some 
vessel-forming activity was found in the surrounding host tissue (f1-2: arrows), bar indicates 250 µm.



32 Chapter 2

tion limit (1000 pg/ml) of the assay. Ch-MSC pellets of all three donors released hVEGF, hTIMP-2, 
hAng-2, hTNFa, hFGF, and hHGF (Fig. 11). Cytokine release of ch-MSC pellets of donor 2 was 
not different from the cytokine release of the ch-MSC pellets of donor 1 and 3. Compared to 
ud-MSC pellets, less VEGF was released by ch-MSC pellets and no hIL-8 release was observed.

DIScUSSION

Grafting bone defects and atrophic non-unions with MSC-based grafts is believed to hold 
great potential (104), but so far clinical results are rather disappointing (90). Therefore, instead of 
stimulating intramembranous ossification with undifferentiated or osteogenically differentiated 
MSCs, some papers advocate to stimulate endochondral ossification with chondrogenically dif-
ferentiated MSCs (94, 96, 97). In our study, grafting of critical femoral bone defects that were left 
untreated for 6 weeks with chondrogenically differentiated MSC pellets was found to result in 
significantly more bone than grafting with undifferentiated MSC pellets (Figure 3 and 5) and 
we showed that this bone was formed through endochondral ossification (Figure 6). Grafting 
with chondrogenically differentiated MSC pellets can result in bone regeneration capable of 
completely bridging the defect (Figure 4). However, the effect of chondrogenically differenti-
ated MSC pellets is donor-depend (Figure 5).

The complex orthotopic environment that can be encountered during insufficient or 
impaired fracture repair (105) were simulated using a critical femoral bone defect model that 
was grafted after six weeks. During the first six weeks, untreated defects formed an atrophic 
non-union and the remaining fracture gap was filled with fibrous tissue (Figure 1c). Grafting 
these defects with chondrogenically differentiated MSC pellets resulted in large amounts of 
bone formation through endochondral ossification (Figure 5b). Although extensive bone re-
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Histology of the 6 mm bone defect grafted with ch-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
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Figure 7: defects grafted with ud-MSC pellets. 

Histology of the 6 mm bone defect grafted with ud-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
Detailed views show that ud-MSC pellets were surrounded by small round cells (b1-2). Ud-MSC pellets did not form an 

extracellular matrix containing GAGs (c1-2) or collagen II (d1-2), indicating that ud-MSC pellets had not undergone 
chondrogenic differentiation. No osteoclast activity was observed (e1-2), but widespread vessel-forming activity was found in 

the surrounding host tissue (f1-2: arrows), bar indicates 250 µm. 
 
After eight weeks, grafted ch-MSC pellets were almost completely resorbed and replaced by 
bone (Figure 8, a1 and b1). Bone close to the remaining gap consisted of woven bone and 
some small areas of vessel-forming activity were found in the proximity of the fracture gap 
(Figure 9, a1 and c1: arrows), while the remaining gap consisted of cartilage tissue (Figure 9, 
b1). In defects grafted with ud-MSC pellets, no cartilage tissue nor remnants of ud-MSC 
pellets were observed (Figure 8, a2 and b2), and the remaining gap was filled with fibrous 
tissue (Figure 9, a2 and b2). Within this fibrous tissue, vessel-forming activity was clearly 
observed (Figure 9, c2: arrows). In both groups, bone observed on histology showed a good 
correlation with bone seen on corresponding µCT images (Figure 8, c1-2). 

Figure 7: defects grafted with ud-MSC pellets.
Histology of the 6 mm bone defect grafted with ud-MSC pellets after seven and fourteen days (a1-2), bar indicates 500 µm. 
Detailed views show that ud-MSC pellets were surrounded by small round cells (b1-2). Ud-MSC pellets did not form an extracel-
lular matrix containing GAGs (c1-2) or collagen II (d1-2), indicating that ud-MSC pellets had not undergone chondrogenic dif-
ferentiation. No osteoclast activity was observed (e1-2), but widespread vessel-forming activity was found in the surrounding 
host tissue (f1-2: arrows), bar indicates 250 µm.
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generation was observed in defects grafted with chondrogenically differentiated MSC pellets of 
donor 1 and 3, only one defect was completely bridged after 8 weeks (Figure 4). The inability 
to bridge the other defect is may be explained by a suboptimal method of fixation, because the 
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Figure 8: defects grafted with ch-MSC pellets or ud-MSC pellets after eight weeks. 

Histology of the 6 mm bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks stained with respectively 
H&E (a1-2) or thionin (b1-2) and corresponding µCT images (c1-2). Bone tissue is indicated with ‘b’, cartilage tissue is indicated 

with ‘c’ and fibrous tissue is indicated with ‘f’. Asterisk marks area showed in more detail in figure 9. Bar indicates 1 mm. 

 

 
Figure 9: bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks 

Detailed views of the 6 mm bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks, stained with 
respectively H&E (a1-2), thionin (b1-2) and CD34 immunostaining (c1-2). Bone tissue is indicated with ‘b’, cartilage tissue is 

indicated with ‘c’ and fibrous tissue is indicated with ‘f’. Arrows indicate vessel forming activity. Bar indicates 250 µm. 

Figure 8: defects grafted with ch-MSC pellets or ud-MSC pellets after eight weeks.
Histology of the 6 mm bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks stained with respectively 
H&E (a1-2) or thionin (b1-2) and corresponding µCT images (c1-2). Bone tissue is indicated with ‘b’, cartilage tissue is indicated 
with ‘c’ and fibrous tissue is indicated with ‘f’. Asterisk marks area showed in more detail in figure 9. Bar indicates 1 mm.
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Figure 9: bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks
Detailed views of the 6 mm bone defect grafted with ch-MSC pellets or ud-MSC pellets after eight weeks, stained with respec-
tively H&E (a1-2), thionin (b1-2) and CD34 immunostaining (c1-2). Bone tissue is indicated with ‘b’, cartilage tissue is indicated 
with ‘c’ and fibrous tissue is indicated with ‘f’. Arrows indicate vessel forming activity. Bar indicates 250 µm.



34 Chapter 2

µCT images of these defects show the formation of a hypertrophic non-union with a typical 
horse-shoe or elephant-foot configuration (Figure 5 and 8) (106), and the remaining fracture gap 
contained cartilage tissue (Figure 8 and 9). Although a longer follow-up might have resulted in 
union, hypertrophic non-unions are usually well treated by providing increased stability over 
the non-union (107).

Similar to previous ectopic implantations (92, 95-97), we used immunocompromised animals 
to avoid host-versus-graft reactions against human MSCs. This raised the relevant question 
whether chondrogenically differentiated MSC pellets remain capable of initiating endochondral 
ossification in an immunocompetent host. Chondrogenically differentiated MSCs of rat origin 
have shown to remain capable of initiating endochondral ossification when implanted in im-
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Ch-MSC pellets of donor 2, which did not stimulate bone regeneration (Figure 5), were 
smaller in size (~0.5 mm) and contained more closely packed cells than ch-MSC pellets of 
donor 1 (Figure 10, a1-2) or donor 3. Cell nuclei of ch-MSC pellets of donor 2 seemed viable 
(Figure 10, c2), but the cell nuclei of ch-MSC pellets of donor 1 and donor 3 were smaller or 
had shrunk and more empty cell lacunae were observed throughout the extracellular matrix 
(Figure 10, c1). Ch-MSC pellets of donor 1 and 2 had both undergone chondrogenic 
differentiation and consisted of hypertrophic chondrocytes (Figure 10, d1-2 and e1-2), but 
the extracellular matrix of ch-MSC pellets from donor 2 appeared less structured than the 
extracellular matrix of ch-MSC pellets from donor 1 (Figure 10, b1-2). 
 

 
Figure 10: histology of ch-MSC pellets of donor 1 and 2. 

Histology of ch-MSC pellets of donor 1 and 2 showing that ch-MSC pellets of donor 1 were bigger than ch-MSC pellets of donor 
2 (a1-2). Bar indicates 500 µm. Detailed views showed that ch-MSC pellets of donor 1 formed a more structured extracellular 

matrix (b1-2 and c1-2), although the extracellular matrix of both donors contained collagen II (d1-2) and collagen X (e1-2), 
indicating that MSC of both donors had undergone hypertrophic chondrogenic differentiation. Bar indicates 50 µm. 

 
4. Release of angiogenic cytokines 

Release of hTIMP-1 and PDGF-BB is not shown because release of hTIMP-1 exceeded the 
upper quantification limit (3000 pg/ml) and release of PDGF-BB did not exceed the lower 
quantification limit (1000 pg/ml) of the assay. Ch-MSC pellets of all three donors released 
hVEGF, hTIMP-2, hAng-2, hTNFa, hFGF, and hHGF (Fig. 11). Cytokine release of ch-MSC 
pellets of donor 2 was not different from the cytokine release of the ch-MSC pellets of donor 
1 and 3. Compared to ud-MSC pellets, less VEGF was released by ch-MSC pellets and no hIL-8 
release was observed. 
  

Figure 10: histology of ch-MSc pellets of donor 1 and 2.
Histology of ch-MSC pellets of donor 1 and 2 showing that ch-MSC pellets of donor 1 were bigger than ch-MSC pellets of donor 
2 (a1-2). Bar indicates 500 µm. Detailed views showed that ch-MSC pellets of donor 1 formed a more structured extracellular 
matrix (b1-2 and c1-2), although the extracellular matrix of both donors contained collagen II (d1-2) and collagen X (e1-2), 
indicating that MSC of both donors had undergone hypertrophic chondrogenic differentiation. Bar indicates 50 µm.
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Figure 11: Angiogenic cytokines released from ch-MSC and ud-HTC pellets. 

Angiogenic cytokines released from ch-MSC and ud-HTC pellets in culture medium retrieved before grafting the bone defects. 

 
Discussion 
 
Grafting bone defects and atrophic non-unions with MSC-based grafts is believed to hold 
great potential (104), but so far clinical results are rather disappointing (90). Therefore, instead 
of stimulating intramembranous ossification with undifferentiated or osteogenically 
differentiated MSCs, some papers advocate to stimulate endochondral ossification with 
chondrogenically differentiated MSCs (94, 96, 97). In our study, grafting of critical femoral bone 
defects that were left untreated for 6 weeks with chondrogenically differentiated MSC 
pellets was found to result in significantly more bone than grafting with undifferentiated 
MSC pellets (Figure 3 and 5) and we showed that this bone was formed through 
endochondral ossification (Figure 6). Grafting with chondrogenically differentiated MSC 
pellets can result in bone regeneration capable of completely bridging the defect (Figure 4). 
However, the effect of chondrogenically differentiated MSC pellets is donor-depend (Figure 
5). 
The complex orthotopic environment that can be encountered during insufficient or 
impaired fracture repair (105) were simulated using a critical femoral bone defect model that 
was grafted after six weeks. During the first six weeks, untreated defects formed an atrophic 
non-union and the remaining fracture gap was filled with fibrous tissue (Figure 1c). Grafting 
these defects with chondrogenically differentiated MSC pellets resulted in large amounts of 
bone formation through endochondral ossification (Figure 5b). Although extensive bone 
regeneration was observed in defects grafted with chondrogenically differentiated MSC 
pellets of donor 1 and 3, only one defect was completely bridged after 8 weeks (Figure 4). 
The inability to bridge the other defect is may be explained by a suboptimal method of 
fixation, because the µCT images of these defects show the formation of a hypertrophic non-
union with a typical horse-shoe or elephant-foot configuration (Figure 5 and 8) (106), and the 
remaining fracture gap contained cartilage tissue (Figure 8 and 9). Although a longer follow-
up might have resulted in union, hypertrophic non-unions are usually well treated by 
providing increased stability over the non-union (107).  
Similar to previous ectopic implantations (92, 95-97), we used immunocompromised animals to 
avoid host-versus-graft reactions against human MSCs. This raised the relevant question 
whether chondrogenically differentiated MSC pellets remain capable of initiating 

Figure 11: angiogenic cytokines released from ch-MSc and ud-hTc pellets.
Angiogenic cytokines released from ch-MSC and ud-HTC pellets in culture medium retrieved before grafting the bone defects.
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munocompetent rats (95, 108). The use of rat MSCs makes it also possible to gain more insight in 
the influence of a specific immune response of the host to implanted chondrogenically differ-
entiated MSC pellets. Specific immune responses may be the driving factor in the bone regen-
eration observed, because during endochondral ossification bone regeneration is preceded by 
osteoclast-mediated degradation of the cartilage template. Osteoclasts are monocyte-derived 
cells. Furthermore, chondrogenically differentiated MSC pellets that were exposed to IL-1β, a 
pro-inflammatory cytokine, showed enhanced accumulation of MMP-13 and increase levels 
of released stromal cell-derived factor-1, which resulted in more osteoclast recruitment and 
faster bone regeneration (109).

Obtaining high yields of MSCs is an important generate sufficient chondrogenically differ-
entiated MSC pellets to be used in clinical applications. MSCs that are capable of undergoing 
chondrogenic differentiation can be obtained from various tissues including bone marrow, fat, 
muscle, synovium, periosteum (110). Bone marrow derived MSCs, used here, have more chon-
drogenic potential than fat derived MSCs (111) or muscle derived MSCs (110). Bone marrow derived 
MSC can be obtained by a simple percutaneous procedure, and the yield of MSCs obtained can 
be improved when a concentration device is used that centrifuges a larger volume of bone mar-
row (112). Furthermore, the proliferation of obtained MSC can be enhanced by supplementing in 
vitro culture media with FGF-2, or other factors such as platelet-derived growth factor, ascorbic 
acid and epidermal growth factor (113). More MSCs result in a higher volume of chondrogenically 
differentiated MSC pellets that can be generated. But with the culturing protocol that we used 
here, we were able to generate around 200 chondrogenically differentiated MSC pellets per 
donor. Theoretically this can result in 2.7 cm3 pellet volume, and is similar to volumes in which 
commercially available bone substitutes are sold (114). Although this volume may not be suf-
ficient or requires the use of additional bone substitutes to graft large bone defects in humans 
(> 2 cm), it might already be enough to graft the much smaller fracture gap that is typically seen 
in an atrophic non-unions (< 2 mm) (106).

VEGF is known to play a key role in endochondral ossification (115) and the release of VEGF 
could also be to the driving factor through which chondrogenically differentiated MSC pellets 
can initiate endochondral ossification. VEGF was indeed produced and released by chondrogeni-
cally differentiated MSC pellets of all three donors (Figure 11), but endochondral ossification 
did not occur after grafting with chondrogenically differentiated MCS pellets of donor 2 (Figure 
5). The release of VEGF from chondrogenically differentiated MSC pellets was also less than 
from undifferentiated MSC pellets at the moment of implantation (Figure 11). The cumulative 
release of VEGF from the chondrogenically differentiated MSC pellets, however, might still be 
superior after in vivo implantation due to prolonged cell survival in low-oxygen environment of 
the hypertrophic chondrocytes. But the CD34 immunostaining performed on grafted defects 
after seven and fourteen (Figure 6 and 7) and after 8 weeks (Figure 9) did not suggest that a lot 
of vessel-forming activity was taking place around chondrogenically differentiated MSC pellets. 
Vessel formation, however, may have been more controlled and synchronised with the bone 
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formation compared to vessel formation upon grafting with undifferentiated pellets. This pos-
sible spatiotemporal role of VEGF in endochondral ossification upon grafting with chondrogeni-
cally differentiated MSC pellets warrants further investigation in longitudinal in vivo setting.

Bone regeneration was after grafting bone defects with chondrogenically differentiated 
MSC pellets was donor-depend (Figure 5), and this has also been observed after subcutaneous 
implantation (94, 95). The non-potent chondrogenically differentiated MSC pellets of donor 2 did 
contain hypertrophic chondrocytes that produced VEGF, similar as the potent chondrogenically 
differentiated MSC pellets of donor 1 and 3 (Figure 8) and there was no clear difference in the 
release of angiogenic cytokines between the donors (Figure 11). The only difference between 
the non-potent and the potent chondrogenically differentiated MSC pellets that we could 
find was their size (Fig. 8), non-potent pellets were smaller and contained less extracellular 
matrix. This may indicate an important role for the extracellular matrix that is generated by 
chondrogenically differentiated MSC pellets, but on the other hand it has also been suggested 
that hypertrophic chondrocytes undergoes a transformation into bone (95, 96, 116). Determining 
the exact composition of the extracellular matrix generated by chondrogenically differentiated 
MSC pellets of a larger number of different donors followed by an in vivo implantation to assess 
their potency to form bone and to determine the survival of these hypertrophic chondrocytes 
in vivo may provide valuable new insights in the mechanism through with chondrogenically 
differentiated MSCs initiate endochondral ossification and may help to develop protocols to 
generate potent pellets of each donor.

cONcLUSION

In conclusion, grafting critical femoral bone defects that were left empty to establish an 
atrophic non-union with chondrogenically differentiated MSC pellets leads to significantly 
more bone regeneration than grafting with undifferentiated MSC pellets in athymic rats. With 
chondrogenically differentiated MSC pellets, bone regenerates rapidly through endochondral 
ossification, and through bone remodelling leading to restoration of the cortex and the intra-
medullary space. When this MSC-based approach can be optimized such that sufficient and 
potent chondrogenically differentiated MSC pellets can be generated for each single patient, 
grafting with chondrogenically differentiated MSC pellets may become a successful clinical 
treatment for bone repair in atrophic non-unions and large bone defects.



chapter 3

The use of xenogeneic MSCs: a step forward 

in endochondral bone regenerati on

Marianne K.E. Koolen

alessia Longoni

Eline huethorst

antoine J. w. p. Rosenberg

harrie weinans

Debby Gawlitt a



38 Chapter 3

aBSTRacT

Despite proven effectiveness of endochondral bone regeneration (EBR), some aspects crucial 
for its clinical translation have not been considered. An interesting step is the use of non-au-
tologous multipotent mesenchymal stromal cells (MSCs). The use of xenogeneic or allogeneic 
MSCs would bypass the expensive, invasive and time-consuming autologous cell isolation, sim-
plifying at the same time some logistical aspects such as the synchronization between surgical 
schedule and pre-operative laboratory work. Here we explore the xenogeneic feasibility of EBR 
in a xenogeneic setting by implanting human MSC pellets embedded in a human fibrin hydrogel 
in a femoral defect of Wistar rats. Systemic and local immune responses were assessed, as well 
as local tissue formation and mineralization.

After 12 weeks, EBR was observed in the center of the defect in 4/7 samples of the xeno-
geneic group, while no new bone was found at the center of empty and human fibrin control 
groups. No differences between xenogeneic group, fibrin control and untreated animals were 
detected in the blood concentrations of immunoglobulin or α-1-acid glycoprotein. However, 
immunoglobulins against human antigens were present in the plasma of rats exposed to both, 
human fibrin alone or in combination with human MSCs. Regarding the local immune response, 
CD163+ macrophages were most abundant in the adipose tissue infiltrate, present in the empty 
and fibrin groups. CD3+ lymphocytes were found only in the defect area when xenogeneic cells 
were implanted, specifically near MSC pellets that had not participated in EBR.

This study shows for the first time the feasibility of using a xenogeneic cell source for EBR. 
Despite further analyses are required to better assess the influence of the immune reaction 
on the regenerative process, these findings may open up venue for the use of allogeneic or 
xenogeneic MSC sources in the clinical translation of EBR.
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INTRODUcTION

In recent years, regenerative medicine strategies focused on mimicking the natural architec-
ture of tissues and their developmental pathways (96, 109, 117-119). In line with this, studying the 
endochondral ossification process, which happens naturally during long bone development and 
fracture healing, has gained increased attention for application in bone tissue engineering and 
bone regenerative therapies (91, 120, 121). Endochondral Bone Regeneration (EBR) aims to mimic 
the process in which a cartilaginous Anlage originating from condensed mesenchymal stem cells 
is remodeled into new bone tissue (91, 96, 109) and use this strategy for the repair of bone defects. 
Several regenerative approaches that involve the chondrogenic differentiation of mesenchymal 
stromal cells (MSCs) alone, or in combination with biomaterials have been developed in vitro 
to engineer this cartilage template (91, 120-124). Further, the efficacy of this approach was proven 
in numerous examples, as the in vivo implantation of these engineered cartilaginous matrixes 
eventually leads to new bone formation, both ectopically and orthotopically (94-96, 122, 123, 125, 126).

The effectiveness of this endochondral approach of bone regeneration is well established 
by now. However, the clinical translation of EBR is rather underdeveloped for several reasons. 
In particular, the use of autologous cells does not seem to be a realistic option, due to logistical 
challenges of synchronizing patient’s MSCs isolation, expansion and differentiation with the 
surgical schedule and the high costs related to perform these procedures in a personalized 
manner under Good Manufacturing Practice (127, 128). Further, the heterogeneous chondrogenic 
potential of MSCs isolated from different human donors further complicates personalized clini-
cal treatment options (125, 129). Therefore, the use of non-autologous cells represents a clinically 
and economically attractive option, where MSCs can be expanded and characterized for their 
differentiation potential prior to the surgical procedure. Furthermore, it will reduce the dis-
comfort for the patients, since they will no longer require an additional intervention for MSC 
harvest and it will reduce waiting periods. Finally, using MSCs harvested from one donor to 
produce cartilage grafts to treat multiple patients would reduce the overall costs. However, 
the likely immunogenicity of non-autologous grafts poses a substantial obstacle to the clinical 
implementation of such an approach.

Several studies highlighted the close interaction between immune cells and bone forma-
tion, in particular during fracture healing (130, 131). Therefore, it is of pivotal interest to elucidate 
whether an immune reaction against a non-autologous cartilage template would impede its 
remodeling into bone tissue. Despite the absence of a consensus on the topic (132), it has been 
reported that MSC-derived chondrocytes partially maintain immunomodulatory and immuno-
evasive properties, typical of undifferentiated MSCs in vitro (133-137). However, since the majority 
of in vivo experiments demonstrating the feasibility of EBR was performed in immunocom-
promised animals or in a syngeneic setting (94, 95, 122-125), the effects of the immune system on 
non-autologous endochondral bone regeneration have not been addresses so far.
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Therefore, the aim of this study is to provide insight in the in vivo feasibility of EBR in a 
non-autologous setting. In particular, xenogeneic, chondrogenically differentiated human MSC 
aggregates embedded in human fibrin were implanted to restore a critical size femur defect in 
an immunocompetent rat.

MaTERIaLS aND METhODS

study design
The aim of the present study was to evaluate the feasibility of endochondral bone regeneration 
in a xenogeneic setting. The primary outcome measure was bone formation. However, since 
new bone formation was expected to be affected by immune cells, a secondary outcome mea-
sure was the immune reaction.

To prevent loss of the pellets from the defect area, they were encapsulated in a carrier 
material. A commercially available human fibrin hydrogel was selected based on its implanta-
tion grade and because fibrin represents one of the first proteins involved in the physiological 
fracture healing cascade. Three experimental groups (n=8) were compared: empty femoral 
bone defects (empty), defects filled with the carrier material only (fibrin) and defects filled with 
xenogeneic, chondrogenically differentiated human MSC pellets embedded in the carrier mate-
rial (fibrin-pellet). The empty group was included to evaluate the naturally occurring repair 
and the presence of immune cells in the defect without external elements being introduced. 
The fibrin group was included to characterize any contribution of the carrier alone to the bone 
formation or immune response.

isolation and expansion of human bone marrow-derived MsCs
Human MSCs were isolated from the bone marrow aspirate of a 47-year old female patient, 
undergoing spinal fusion surgery. The aspirate was taken after informed consent, according 
to a protocol approved by the local Medical Ethics Committee (University Medical Center 
Utrecht). The mononuclear fraction was separated using Ficoll-paque (Sigma-Aldrich, Zwijn-
drecht, the Netherlands) and seeded for selection on plastic adherence as previously described 
(129). Cells were cultured at 37ºC under humidified conditions and 5 % carbon dioxide (CO2) in 
MSC expansion medium consisting of α-MEM (22561, Invitrogen), supplemented with 10 % 
heat-inactivated fetal bovine serum (RWG35912, HyClone GE Healthcare), 0.2 mM L-ascorbic 
acid 2-phosphate (A8960, Sigma), 100U/mL penicillin with 100 mg/mL streptomycin (15140, 
Invitrogen) and 1 ng/ml basic fibroblast growth factor (233-FB; R&D Systems). The medium 
was refreshed three times per week and MSCs were passaged at subconfluency. Further, MSC 
multilineage potential was confirmed as reported previously (129).
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Chondrogenic differentiation of MsC pellets
MSCs were harvested for chondrogenic differentiation at passage 5. Self-assembling pellet 
cultures were created by centrifuging 200,000 cells per well in 96-well plates (7007; Corning) 
in 0.2 ml of medium each, at 300 g for 5 minutes (129). MSC aggregates were maintained in 
chondrogenic differentiation medium, consisting of high glucose DMEM (31966, Invitrogen) 
with 1 % ITS + premix (354352; BD Biosciences), 10-7 M dexamethasone (D8893; Sigma), 0.2 
mM L-ascorbic acid 2-phosphate (A8960, Sigma), 50 μg/mL of gentamicin (17-518Z, Lonza), 1.5 
μg/mL of Fungizone (15290-026, Invitrogen), 40 μg/mL L-proline (P-5607, Sigma) and 10 ng/
mL TGFβ1 (240-B; R&D Systems). The medium was refreshed every day for the first 4 days and 
then three times per week. Prior to the implantation at day 21, chondrogenic differentiation 
was confirmed by the presence of glycosaminoglycans (GAGs) in the medium (DMMB assay). 
Chondrogenic differentiation was further analyzed by histological analysis (Supplemental Fig. 
1).

Construct preparation
Fibrin gels were prepared using square cuboid custom-made moulds (3.5 mm x 3.5 mm x 6 mm) 
in a sterile environment. Medical grade human fibrinogen (Tissucol, Baxter, Utrecht, the Neth-
erlands) was diluted in sterile PBS to a final concentration of 22.5 mg/ml. It was clotted for 30 
minutes at room temperature with 2.5 IU/ml thrombin (Global Siemens Healthcare, Erlangen, 
Germany) dissolved in a 20 mM calcium chloride solution. Constructs (n=8) were prepared one 
by one to prevent premature setting of the gels during handling and inhomogeneous pellet dis-
tribution throughout the construct due to gravity. For the fibrin control group, 80 μl of hydrogel 
volume was used, whereas the 20 pellets per fibrin-pellet constructs were encapsulated in 60 
μl of gel. The excess of hydrogel was added to compensate for the shrinkage of the material 
during the clotting procedure. The constructs were prepared the day before implantation and 
incubated overnight in chondrogenic differentiation medium.

animal experiment
The research protocol was approved by the animal ethical committee of the University Medical 
Center Utrecht (2014.III.06.054) and was in accordance with the national law on animal experi-
ments. Twenty four male Wistar rats (Charles River, Sulzfeld, Germany) were housed in pairs 
in the animal facility of the University Medical Center Utrecht. Animals received standard food 
pellets and water ad libitum, under climate-controlled conditions (21ºC; 12 h light/12 h dark-
ness). At the age of 16 weeks, after at least 7 days of acclimatization in the animal facility, a 6 
mm critical-size segmental bone defect was created. Rats were euthanized after 12 weeks with 
an overdose of barbiturates (phenobarbital; 200 mg/kg body weight, TEVA Pharma, Haarlem, 
the Netherlands). The femora were analyzed by histology and micro-computed tomography 
(microCT) scanning; blood samples were taken to analyze the systemic immune response.
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surgical procedure
A 6 mm critical-size segmental bone defect was created aseptically under general anaesthesia (1-
3.5 % isoflurane in oxygen, AST Farma, Oudewater, the Netherlands) (125). Briefly, before surgery, 
all rats received a single dose of antibiotics (enrofloxacin; 5 mg/kg bodyweight, Bayer, Mijdrecht, 
the Netherlands). Next, the right hind leg was shaved from ankle to hip. The right femur was 
exposed through a lateral skin incision and dissection of soft tissue and division of underlying 
fascia. Using three proximal and three distal screws, a 23 × 3 × 2 mm polyether ether ketone 
(PEEK) plate was fixed to the femur in the anterolateral plane. A 6 mm cortical bone segment 
was removed with a wire saw using a saw guide (RISystem, Davos, Switzerland) while the bones 
were fixated to the PEEK plate. Subsequently, the defect was left empty or fibrin constructs 
with or without pellets were implanted and secured by press-fit fixation in the defect. Finally, 
fascia and skin were sutured in layers using Vicryl Rapide 4-0 (VR 2297, Ethicon). Subcutaneous 
injection of pain medication (buprenorphine, 0.05 mg/kg bodyweight, AST Farma, Oudewater, 
the Netherlands) was given pre-operatively and twice a day for the following three days.

The rats of the empty defect group were used as controls also for another experiment than 
the one described here. Thus, the surgeries of the empty defect control group were performed 
at a different time point.

MicroCt scanning
MicroCT scanning of the femora was performed to assess tissue mineralization in the defect 
area at 0, 4, 8 and 12 weeks after surgery. For baseline determination, a scan was made directly 
after implantation of the constructs, when the rats were still under anaesthesia in the operating 
room. In supine position, the hind leg of the rat was fixed to a custom-made support to allow 
the scanning of the femur with a microCT imaging system (Quantum FX; PerkinElmer, Waltham, 
MA, USA). Three minutes of scan time was required per leg for an isotropic voxel size of 42 μm 
resolution (voltage 90 kV, current 180 mA, field of view = 21 mm). Two regions of interest (ROI) 
of 6 x 3.5 x 3.5 mm (mineralized volume inside the defect; MVi) and of 6 x 6.4 x 6.4 mm (total 
mineralized volume; TMV) were selected. The ROIs were segmented with a global threshold. 
Mineralized volumes were measured in mm3 using image processing software (Image-J; Java, 
Redwood Shores, CA, USA). 3D reconstructions of the femur defect were based on the microCT 
data and created using ParaView (ParaView, Kitware Inc, USA).

blood sampling and monitoring of the systemic immune response
Blood samples were collected at 4, 8 and 12 weeks from the tail vein using a catheter (BD an-
giocath, Becton Dickinson, Vianen, the Netherlands) while the animals where under anesthesia 
(1-3.5 % isoflurane in oxygen). Both plasma and serum were prepared from the samples. In 
particular, 3.8 % citrate in distilled water was added to collect plasma (1:10 3.8 % citrate:blood 
ratio). To remove the erythrocytes, both sample types were centrifuged for 15 min at 3000 g. 
Next, the supernatant was frozen in liquid nitrogen and stored at -80°C.
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To evaluate the presence of systemic inflammation, the concentration of α-1-acid glyco-
protein (AGP) (138), an acute-phase protein, was monitored in the serum. The AGP content was 
quantified using an ELISA kit (#6490 Alpha Diagnostic International, San Antonio, TX, USA), 
according to the manufacturer’s instructions. To quantify the total IgG content, as a measure of 
the systemic, adaptive immune response, rat plasma was analysed using the IgG Rat SimpleStep 
ELISA kit (ab189578, Abcam), according to the manufacturer’s instructions. To compare the AGP 
and IgG levels with a reference value, blood samples were collected from two non-operated 
rats of the same strain and comparable age. No blood sampling was performed for the empty 
defect group. Due to practical issues, it was not always possible to collect the blood samples 
from the same animal at different time points. However, for each time point at least 5 blood 
samples were obtained for the analyses.

detection of anti-human immunoglobulin in serum
To detect the presence of anti-human antibodies, human MSCs were expanded until conflu-
ence in a 96 wells plate. After chondrogenic differentiation for 1 week, the MSC monolayers 
were fixed in 10 % buffered formalin solution for 30 minutes. Samples were washed twice 
with PBS and incubated in 5 % BSA-PBS for 30 minutes at room temperature. Rat sera were 
heat inactivated for 30 minutes at 56°C, diluted 1:100 in 5 % BSA-PBS and incubated with the 
MSC monolayer for one hour at room temperature (adapted from Mathieux et al. (139)). After 
extensive washing with PBS, monolayers were incubated with a TRITC-conjugated antibody (8 
μg/ml, goat-anti-rat Ig(H&L), 301003, AbD Serotec) for one hour at room temperature. Finally, 
samples were washed and counterstained with DAPI for 10 minutes. Images were taken with a 
confocal microscope (Leica SP8X confocal).

Histology and immunohistochemistry
At week 12, the right femora were retrieved for histology processing. All specimens were fixed 
in a 10 % neutral buffered formalin solution for 1 week. After fixation, they were decalcified 
in a 10 % EDTA-phosphate buffered saline solution (pH 7.4) and dehydrated in graded ethanol 
solutions (70-100 %) and cleared in xylene. The samples were subsequently embedded in paraf-
fin and sliced into 5 µm thick sections (Microm HM340E; Thermo Fischer Scientific, Waltham, 
MA, USA). Before staining, samples were deparaffinised with xylene and gradually rehydrated 
through decreasing ethanol solutions (100-70 %).

Overall appearance of sections and new bone formation was evaluated using H&E stain-
ing (Sigma). A triple staining of Weigert’s hematoxylin (640490; Klinipath BV), fast green 
(FN1066522; Merck), and Safranin-O (FN1164048213; Merck) was applied to identify cell 
nuclei, collagenous fibers and GAGs, respectively. TRAP staining was performed to detect 
osteoclast activity. Briefly, hydrated sections were incubated for 20 minutes in 0.2 M acetate 
buffer at room temperature. Afterwards, to identify the osteoclasts, sections were incubated 
in 0.2 M acetate buffer supplemented with 0.5mg/ml naphthol AS-MX phosphate (855, Sigma) 
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and 1.1 mg/ml fast red TR salt (F8764, Sigma) for 1.5 hours at 37°C. After Mayer’s haematoxylin 
counterstaining, samples were mounted with Aquatex (Merck Millipore, Darmstadt, Germany).

For CD68, CD163, CD3 and iNOS staining, endogenous peroxidase activity was blocked by 
incubating samples for 15 minutes with 0.5 % H2O2. To stain for CD68+ cells, antigen retrieval 
was performed incubating the samples with 0.1 % pepsin (P6887, Sigma) in 0.02M HCl for 30 
minutes at 37°C. For CD163 and CD3 staining, samples were boiled at 95°C for 20 minutes in 
TRIS-EDTA buffer (pH 9) and citrate buffer (pH 6), respectively. iNOS sample epitopes were 
retrieved by boiling them at 80°C for 30 minutes in TRIS-EDTA buffer (pH 9). Subsequently, 
samples were blocked with 5 % BSA-PBS for 45 minutes at room temperature. For iNOS stain-
ing, 10 % normal goat serum was added to the 5 % BSA-PBS during the blocking step. CD68 (4 
μg/ml, ab31630, Abcam) and iNOS (0.52 μg/ml, ab15323, Abcam) primary antibodies were 
incubated in 5 % BSA-PBS at 4°C overnight. iNOS and CD68 samples were incubated for 30 
minutes at room temperature with EnVision+ System- HRP labelled secondary antibody (K4002 
and K4006, Dako). CD163 (1.342 μg/ml, ab182422, Abcam) and CD3 (20 μg/ml, ab16669, 
Abcam) primary antibodies were incubated on the sections in 5 % BSA-PBS for 1 hour at room 
temperature. After the washing steps, CD163 and CD3 samples were incubated in 1 % BSA-PBS 
with an HRP-labelled secondary antibody (5 μg/ml, goat-anti-rabbit, ab6721, Abcam) for 1 hour 
at room temperature. The labels were visualized by 3,3’-diaminobenzidine (DAB) oxidation. 
Sections were then counterstained with haematoxylin, washed, dehydrated and mounted in 
depex. Rabbit and mouse isotypes (X0903 and X0931, Dako) were used as negative controls 
at concentrations matched with those of the primary antibodies. All sections were visualised 
using an Olympus BX51 microscope (Olympus DP70 camera, Olympus, Hamburg, Germany).

statistics
The data are presented as means with standard deviations unless otherwise mentioned. In the 
analysis of the microCT scanning results, AGP and IgG levels, mixed models analyses were used 
to test for statistical differences between the groups, with random intercept and corrected for 
time (SPSS 22.0 software IBM, Armonk, NY, USA). One-way ANOVA was performed, followed by 
a Bonferroni post-hoc test to compare all groups at 12 weeks for AGP and IgG levels. A p-value 
of less than 0.05 was considered statistically significant.

RESULTS

Macroscopic observations
At time of surgery, mean bodyweight of the rats was 417± 24 g and increased to 480± 30 g after 
12 weeks. Out of twenty four operated rats, one animal died during surgery due to an overdose 
of anaesthesia and one PEEK plate was misplaced, impeding the tissue regeneration. These 
rats, belonging to the empty and fibrin-pellet groups were excluded from analyses. In addition, 



3

Xenogeneic chondrogenically diff erenti ated mesenchymal stromal cell pellets 45

the fi xati on of three PEEK plates of the empty group failed during the experimental period. As a 
consequence, these rats were also excluded from further analysis. No external signs of adverse 
reacti ons (i.e. swelling or redness) to the xenogeneic implants were observed during the course 
of the experiment.

endochondral bone formati on
Endochondral bone formati on was observed close to the plate in all samples of all groups, 
probably due to the plate micro-movement (Supplemental Fig. 2). Further, bone formati on 
and mineralizati on from the defect edges into the defect areas was apparent in all groups to 
diff erent extents (Fig. 1 A-C).

Figure 1. Extent of mineralizati on inside the femur defects.
 (A-C) The 3D reconstructi ons of the femur defects (ROI 6 x 6.4 x 6.4 mm) highlighted that no bridging had occurred over a 
12-week period. The dott ed line indicates the edge of PEEK plate, which was positi oned on the left  hand side of the line. (D, E) 
More mineralizati on was observed in the fi brin and fi brin-pellet groups, compared to the empty controls, both for the mineral-
ized volume inside the defect (MVi) and the total mineralized volume (TMV). * signifi cant diff erence between groups within the 
same ti me-point, ** signifi cant diff erence over ti me, p<0.05.

Overall, an increase in mineralizati on was observed over ti me in all groups (empty, fi brin, 
fi brin-pellet) with a mean diff erence over ti me of 2.02 mm3 (CI 1.76 – 2.27, p<0.001) for MVi 
(Fig. 1D, **) and 2.82 mm3 (CI 2.46 – 3.18, p<0.001) for the TMV (Fig. 1E, **). The mixed model 
shows that the average diff erence between groups is not signifi cantly diff erent between the 
fi brin-pellet group and the fi brin group with a mean diff erence over ti me of 1.86 mm3 (CI -5.52 
– 9.24, p=0.604) for MVi and 2.57 mm3 (CI -6.81 – 11.95, p = 0.574) for TMV. However, the aver-
age diff erence between the fi brin-pellet group and the empty group over ti me was signifi cant, 
with a mean diff erence over ti me of 7.69 mm3 (CI -15.36 – -0.02, p=0.049) for MVi, but not 
signifi cant for TMV with a mean diff erence over ti me of 9.38 mm3 (CI -19.13 – 0.38, p = 0.059).
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At twelve weeks, empty defects showed an MVi of 21.5±8.6 mm3 and a TMV of 25.7±11.3 
mm3. A higher extent of mineralization was observed in the fibrin and fibrin-pellet groups 
(32.5±6.0 mm3 and 32.3±10.1 mm3 MVi; 41.8±9.5 mm3 and 39.8±13.7 mm3 TMV, respectively) 
(Fig. 1D, E). However, according to histology (Fig. 2A-H), only a limited amount of new bone 
formation was observed in the fibrin group (Fig. 2B, Supplemental Fig. 2), indicating that not all 
mineralized tissue as assessed by microCT represented actual bone tissue. Further, a heteroge-
neous outcome on histology was found for bone formation within the fibrin-pellet group (Fig. 
2C, D, G, H). Sections from the fibrin-pellet group either showed no additional bone formation, 
compared to the control groups (pellet subgroup 1 (n=3)), or they showed active areas of en-
dochondral bone formation distant from the PEEK plate (subgroup 2 (n=4)). H&E staining of all 
samples of subgroup 2 showed this new bone deposition (Fig. 2D), without any residual pellets 
in the space between the two defect edges. Further, endochondral bone formation and the 
presence of hypertrophic chondrocytes were confirmed with Safranin-O/Fast Green staining 
in subgroup 2 (Fig. 2H). Notably, in two samples, both from the fibrin-pellet subgroup 2, an 
additional mineralized volume that was not connected to the defect edges was observed at 
the center of the defect area (Fig. 2D, H, Supplemental Fig. 3). On the contrary, in subgroup 1 
no bone formation was found in the center of the defect area (Fig. 2C). These samples showed 
muscle and adipose tissue infiltration, comparable to that in the empty defect and fibrin groups 
(Fig. 2A-C). Interestingly, when pellets were found in the defect area of subgroup 1, no GAGs or 
cells with chondrocyte-like morphology were observed (Fig. 2G). Consistent with these histo-
logical results, more mineralization was observed in subgroup 2 compared to subgroup 1 at 12 
weeks (39.1±7.5 mm3 versus 23.2±2.5 mm3 MVi and 48.5±11.3 mm3 versus 28.2±4.4 mm3 TMV, 
respectively) (Fig. 2 I-L). The average difference between groups over time was significantly 
different with a mean of 13.65 (CI 3.70 – 23.60, p=0.017) for MVi (Fig. 2K) and 16.60 (CI 2,60 – 
30.61, p=0.029) for TMV (Fig. 2L).

systemic immune reaction
Both, innate (AGP) and adaptive (IgG) immune response markers were quantified over time to 
investigate the systemic immune reaction to the xenogeneic implants (Fig. 3A, B). No statisti-
cally significant changes were detected in AGP concentrations in the serum of the fibrin and 
the fibrin-pellet groups over time (p=0.543), or between the groups over time (p=0.717) (Fig. 
3A). A significant increase in IgG levels over time was observed within all the groups, with a 
mean difference over time of 159.5 (CI 80.8 – 238.1, p<0.001). However, no differences were 
observed between the fibrin and fibrin-pellet groups (p=0.511) (Fig. 3B).

At 12 weeks, the concentrations of AGP and IgG of the fibrin and fibrin-pellet groups were 
additionally compared to those of non-operated controls. These concentrations were not sig-
nificantly different from each other (p=0.426 and p=0.068, respectively). However, despite the 
lack of differences in total IgG content, IgM and IgG antibodies against human epitopes could 
be detected in the sera of the fibrin and the fibrin-pellet groups after 4 weeks (Fig. 3C-F).
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local immune reacti ons
To identi fy the cell types invading the defect area, markers for the innate (CD68+, CD163+, 
iNOS+) and adapti ve (CD3+) immune responses were analysed. In all groups, CD68+ macro-
phages were found at the interface between the ti ssue infi ltrati ng the defect and newly formed 
bone, both at the bone edges and more central areas of bone formati on (Fig. 4A, B, D). Besides 
the presence of macrophages at the bone edges, in fi brin-pellet subgroup 1, CD68+ cells were 
infi ltrati ng the non-remodelled pellets (Fig. 4C). To more closely investi gate the phenotypes 
of these CD68+ cells, CD163, iNOS and TRAP staining were performed. Interesti ngly, CD163+ 
macrophages were mostly found in the empty defects, the fi brin group and fi brin-pellet sub-
group 1 (Fig. 4E-G). In parti cular, they were present in the adipose ti ssue infi ltrati on and around 
non-remodelled pellets. On the contrary, no CD163+ macrophages were found in fi brin-pellet 
subgroup 2 in within the bone defect area and close to the areas of endochondral bone forma-
ti on (Fig. 4H). However, CD163+ macrophages were observed outside of the defect area in this 

Figure 2. Bone formati on in the femur defects at 12 weeks aft er implantati on.
(A-D) H&E staining of the defect area highlights diff erences between the samples of the fi brin-pellet group (C, D). In parti cular, 
EBR was evident only in 4/7 samples (D). For this reason, the fi brin-pellet group was split into subgroup 1 and 2. In fi brin-pellet 
subgroup 1, mainly muscle and adipose ti ssue infi ltrated the defect space, similarly to the empty defects and the fi brin group 
(A, B, C). In fi brin-pellet subgroup 1, it was also possible to identi fy implanted pellets that had not been remodelled (C, G). Fur-
thermore, Safranin-O/fast green staining shows that EBR was present in the center of the defect area, only in fi brin-pellet sub-
group 2 (D,H). The diff erence in mineralizati on between the two subgroups was also evident when looking at the 3D micro-CT 
reconstructi ons (I fi brin pellet subgroup 1, J fi brin-pellet subgroup 2), where a mineralized volume was detected at the center 
of the defect space that was not connected to the defect edges. This diff erence was also confi rmed by signifi cant diff erences in 
the MVi (K) and TMV (L) of these subgroups. b: bone defect edge, e: endochondral bone, *: EBR area, p: pellet, i: infi ltrati on of 
muscle or adipose ti ssue; white dott ed lines indicate the plate edge.
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group (Supplemental Fig. 4D). iNOS-positi ve cells were observed in all groups along the bone 
edges, close to the corti cal bone (Fig. 4I-L). Cells expressing iNOS were further infi ltrati ng the 
non-remodelled pellets of fi brin-pellet subgroup 1 (Fig. 4K). Also, hypertrophic chondrocytes 
at the sites of endochondral ossifi cati on were also positi ve for iNOS (Fig. 4L). Finally, since 
both osteoclasts and macrophages are positi ve for CD68+ (140), a TRAP staining was performed 
to detect osteoclast acti vity (Fig. 4M-P). Acti ve resorpti on was observed at the bone edges in 
all groups, except for the empty one. This implies that part of the CD68+ cells observed in the 
newly formed bone ti ssue were osteoclasts rather than macrophages.

When analysing the adapti ve immune response, CD3+ lymphocytes were spott ed spo-
radically in the defect area of the empty or fi brin groups (Fig. 5A, B). Few CD3+ cells were also 
observed in the fi brin-pellet subgroup 2, of which none were detected in the area of EBR (Fig. 
5D). In contrast, lymphocytes were infi ltrati ng the remains of the pellets in subgroup 1 (Fig. 5C).

It must be noted that isolated, non-remodeled pellets were also found in fi brin-pellet 
subgroup 2 but only outside of the defect area (Supplemental Fig. 4). Similarly, to the pellets of 
subgroup 1, these pellets showed CD68+, CD3+ and iNOS-positi ve cell infi ltrati on. Further, no 
osteoclasts were observed in the proximity of these pellets.

Figure 3. Systemic immune response to the xenogeneic implants.
No diff erences were observed in AGP serum levels between fi brin and fi brin-pellet groups over ti me (A). Despite an increase in 
IgG concentrati on over ti me, in both the fi brin and the fi brin-pellet group, no diff erences were observed between the groups, 
including the control (n=2) (B). The incubati on of chondrogenically diff erenti ated MSC monolayers with the rat sera of the dif-
ferent groups (C-F) highlights that aft er 4 weeks anti -human anti bodies (IgM & IgG) were present in the fi brin and fi brin-pellet 
groups. (A,B) *p<0.05.
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DIScUSSION

It has been suggested that the use of non-autologous stem cells could increase the clinical 
translati on of regenerati ve medicine approaches (127, 128, 132). However, the host immune response 
is an aspect that cannot be neglected, since it will aff ect the integrati on and the functi onality 

Figure 4. Local, innate immune response in the defect between the bone edges, 12 weeks aft er implantati on.
CD68+ cells were observed at the defect edges of all samples (A-D) and in fi brin-pellet subgroup 1 they were additi onally infi l-
trati ng the pellets (C). CD163+ macrophages were observed in infi ltrati ng adipose ti ssue (E-G) and around the non-remodelled 
pellets (G) However, no CD163+ cells were detected in the secti ons of fi brin-pellet subgroup 2. iNOS-positi ve cells were present 
in all samples (I-L), in parti cular close to the bone edges. Also, hypertrophic chondrocytes were CD163+ (L). TRAP staining (M-P) 
established that acti ve remodelling was occurring at the defect edges of all groups but the empty one. b: bone defect edge, e: 
endochondral bone, *: EBR area, p: pellet, i: infi ltrati on of muscle or adipose ti ssue.

Figure 5. Local, adapti ve immune response in the femur defect aft er 12 weeks of implantati on.
Isolated T lymphocytes were observed in the empty defect and in the fi brin groups (arrows) (A, B). On the contrary, CD3+ cells 
infi ltrated the non-remodelled pellets of the fi brin-pellet subgroup 1 (C). Further, no lymphocytes were observed in the areas 
of acti ve EBR (D). b: bone defect edge, *: EBR area, p: pellet, i: infi ltrati on of muscle or adipose ti ssue.
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of the grafted engineered tissues. Nevertheless, differently from other types of transplantation 
(e.g. heart, lungs or liver) in which the grafted organ represents the final functional tissue, 
when the aim is to mimic endochondral bone formation, the cartilage template produced in 
vitro is a transient substrate to induce new bone formation in vivo. After the implantation, the 
chondrogenically differentiated constructs are invaded by blood vessels and remodelled into 
new bone tissue (91, 120). As a consequence, the host is only gradually and temporarily exposed 
to the non-autologous MSC-derived chondrocytes during the remodelling process. Here, we 
hypothesized that, if the initial remodelling steps would not be hampered by a reaction to the 
xenogeneic MSC-derived chondrocytes, the cartilage graft could be replaced by new, primar-
ily autologous bone tissue. Our results demonstrated for the first time that chondrogenically 
differentiated MSCs can be successfully converted into bone tissue, even though an immune 
reaction against the xenogeneic MSCs does occur.

As mentioned, the endochondral regenerative process did not occur in all samples of the 
fibrin-pellet group. The reasons explaining this heterogeneous outcome may be multifactorial, 
including a varying immune response among the outbred rats, the location of the implanted 
pellets and their varying extent of chondrogenic differentiation upon implantation.

Firstly, the outbred nature of the rat stock increased the genetic variation of the animals 
and hence could have contributed to variation in immune response to human antigens and tis-
sue remodelling (141). This difference was not evident when analysing blood samples, since the 
levels of the circulating systemic markers of an immune response were not influenced by the 
presence of xenogeneic chondrogenic cells. AGP is considered an acute inflammatory protein 
(138), thus it could be argued that an early time-point would be required to detect differences 
in the initial inflammatory response. However, the time-point of 4 weeks was selected for the 
first measurement to prevent residual effects on AGP levels due to the surgery (142). Further, 
anti-human antibodies were selected as markers for the adaptive immune response since they 
are considered one of the principal components of hyperacute, acute and chronic rejection 
(143, 144). Even though enough time for IgG maturation was allowed (145), similarly to AGP, no differ-
ences were observed between fibrin, fibrin-pellet and control groups. Still, specific anti-human 
antibodies (IgM and/or IgG) were detected in all groups except the non-operated control group. 
Notably, the fibrin group was amongst them. This could be explained by a reaction towards the 
human origin of the fibrinogen (146) and the human proteins used for the crosslinking of fibrin.

A more heterogeneous immune response was observed at a local level. In particular, in 
subgroup 1 where no EBR distant from the PEEK plate was observed, CD68+ and iNOS-positive 
cells were infiltrating the non-remodelled pellets, whereas CD163+ macrophages were found 
mainly within adipose tissue infiltration. On the contrary, in subgroup 2 in which new bone 
formation in the center of the defect occurred, no CD163+ macrophages were observed in the 
areas of active EBR although CD68+ and iNOS-positive cells were also observed at the bone 
edges of this group. In line with the results of subgroup 1, several studies have shown a pre-
dominant infiltration of macrophages and eosinophils in grafts consisting of non-vascularized 
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tissues (such as pancreatic islets, cartilage or skin grafts) (147-149). It has been suggested that 
macrophages can be activated by the presence of certain xenogeneic antigens (150, 151) and the 
lack of crucial inhibitory interactions (152). In particular, it has been shown that the insufficient 
recognition by macrophages of the surface antigen CD47 on xenogeneic cells promotes their 
phagocytosis (152). On the other hand, macrophages play a key role in endochondral fracture 
repair, stimulating soft callus formation, cartilage remodelling and bone deposition (131). This 
can explain the presence of CD68+ cells at the defect edges in all the groups, and in particular 
in subgroup 2. CD163 and iNOS staining were performed to further analyse the macrophage 
phenotypes. Although CD163 presence by itself is not sufficient to establish the macrophage 
polarization toward an anti-inflammatory phenotype (153, 154), this marker is commonly associ-
ated with M2 macrophages (154). Remarkably, CD163+ macrophages were found in the adipose 
tissue infiltration of all groups where limited new bone formation was observed (empty and 
fibrin group and fibrin-pellet subgroup 1). Thus, the presence of these macrophages could be 
associated with the adipose tissue infiltration rather than an anti-inflammatory response to 
the xenogeneic implant, since macrophages resident in adipose tissue are known to express 
many gene characteristics of M2 subgroup and might as such present CD163 (155-157). M1-skewed 
pro-inflammatory macrophages (iNOS-positive) were found in all groups, with an increased 
presence when the xenogeneic carrier material and pellets were present. This is in accordance 
with previous findings describing a predominance of M1 macrophages in the presence of xeno-
geneic cells (158). Furthermore, iNOS staining was also observed in hypertrophic chondrocytes. 
This is not surprising, since it has been previously reported that MSC-derived chondrocytes 
express iNOS during their differentiation (159). In addition to M1 and M2 macrophages, TRAP-
positive osteoclasts were identified at the defect edges. As a consequence, it can be assumed 
that in the areas of active tissue remodelling, the CD68+ population consisted of a mixture of 
macrophages and osteoclasts.

When analysing the local adaptive immune reaction, a major difference between the control 
group and the fibrin-pellet group is the clear presence of CD3+ lymphocytes in the latter group. 
In particular, lymphocytes were infiltrating the non-remodelled pellets. This may indicate that 
chondrogenically differentiated MSCs can lose, at least partially, their immuno-evasive and 
immunomodulatory properties. T cells could have been activated by direct recognition of the 
foreign major histocompatibility complex (MHC) or through dendritic cell (DC)-mediated pre-
sentation of the human antigens (143). In particular, it has been observed by Chen et al (160) that 
DCs maturation is stimulated by the presence chondrogenically differentiated MSCs in vitro. 
On the other hand, in fibrin-pellet subgroup 2, no pellets were detected in the defect area, 
suggesting their complete remodelling. Furthermore, no CD3+ lymphocytes were observed in 
these areas of active endochondral bone tissue formation. However, it remains to be elucidated 
whether lymphocytes were infiltrating the defect area at earlier stages, and whether they play 
an active role during the remodelling of the pellets. For instance, it is possible that the infil-
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tration of different lymphocyte subpopulations might be associated with the heterogeneous 
outcome observed in subgroups 1 and 2.

Secondly, the location of the implanted pellets might have influenced the outcome. Specifi-
cally, non-remodeled pellets were only found outside the defect area for samples of subgroup 
2 (Supplemental Fig. 4). This might indicate that the proximity of the bone extremities or place-
ment inside the defect area is essential to rapidly initiate the endochondral remodeling process 
of xenogeneic, engineered cartilage tissue.

Thirdly, the level of differentiation of the pellets should be taken into account. In the present 
study, heterogeneous differentiation within the pellets was observed, which could have been 
caused by a relatively high cell passage (161). It has been previously suggested that the cartilage 
matrix can act as a shield against the infiltration of immune cells (162). Thus, the incomplete pel-
let differentiation and, as a consequence the low matrix deposition, could be a possible cause 
of increased immune cell infiltration and graft failure (163). Besides, it can be hypothesized that 
the use of a xenogeneic carrier material might have amplified the response to the implanted 
cells, by promoting the recruitment of immune cells at the transplant site.

A possible strategy to reduce the outcome variability and increase new bone formation 
is the temporary suppression of the immune system. It has been previously shown by Chat-
terjea et al. that osteogenic differentiation increased the immunogenicity of allogeneic MSCs, 
hampering new bone formation in an ectopic model in vivo. However, the daily administration 
of an immunosuppressant drug restored bone formation to levels comparable to the syngeneic 
control group (164). Thus, a transient suppression of the immune system might allow for more 
homogeneous tissue remodeling and EBR. After the complete remodeling of the cartilage 
template, the suppression of the immune system could be ceased.

On a final note, it must be underlined that not all implanted (hypertrophic) chondrocytes 
undergo apoptosis or remodeling. Part of them can transdifferentiate towards osteoblasts 
or osteocytes (165, 166). This means that part of the newly formed tissue could still contain the 
implanted cells. This warrants further investigations into the effects of non-autologous anti-
gens embedded in a calcified bone matrix and their potential effects on a long-term immune 
response and bone homeostasis.

Taken together, our results demonstrate that an immune reaction occurs when xenogeneic, 
chondrogenically differentiated MSCs are implanted in an immunocompetent rat model. More 
importantly, the feasibility of endochondral bone tissue regeneration in a challenging xenoge-
neic setting has been established.

cONcLUSION

The feasibility of EBR based on a xenogeneic cell source was demonstrated for the first time. 
Although the immune reaction may have affected the reproducibility of the process, this find-
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ing can open up venues for the use of several types of non-autologous MSC sources, offering 
great benefits from a translational clinical perspective. In particular, this holds promise for the 
design of clinical one-step procedures, since a first intervention to isolate the patient’s MSCs 
will not be required anymore. This has huge implications not only for the patient, but it will 
allow a better coordination between the pre-operative phase and the surgery, and more impor-
tantly, a pre-selection of MSCs with high chondrogenic differentiation potential to guarantee a 
beneficial therapeutic outcome.
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Supplemental Figure 1. Example of chondrogenic diff erenti ati on of the pellets prior to the implantati on.
Safranin-O/Fast Green staining (A) highlighted the presence of GAGs (red area). Collagen type II presence in the same area (B, 
brown staining) confi rmed the chondrogenic diff erenti ati on.

Supplemental Figure 2. Infl uence of the plate micro-movement on bone formati on close to the PEEK plate.
H&E staining shows that endochondral bone formati on is present in all groups close to the plate (dark purple in B, F, J, N). 
However, when moving away from the plate towards the central part of the defect, this eff ect is not present anymore (D,H,L). 
The dott ed line indicates the approximate positi on where the histological secti on of the H&E was taken. b: bone defect edge, 
*: EBR area.
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Supplemental Figure 3. μCT analysis highlighted the presence of bone formati on in the center of two defects belonging to 
the fi brin-pellet subgroup 2.
(A, B) 3D reconstructi on confi rmed the presence of new bone formed in the center of the defect area and not connected to 
the defect edges.

Supplemental Figure 4. Immune reacti on to pellets found outside of the defect area of fi brin-pellet subgroup 2.
(A) The H&E staining highlights the presence of non-remodelled pellets (p) outside the defect area (dashed rectangle). The im-
mune response around these pellets was analysed for additi onal markers in other secti ons of the same sample (close-up of the 
rectangle, B-F). The negati ve TRAP staining indicates that no osteoclasts are present in the pellet proximity (B). Further, CD68, 
iNOS and CD3-positi ve cells were observed while infi ltrati ng the pellets or their vicinity (C, E, F), whereas CD163+ macrophages 
were present in the surrounding fat ti ssue. b: bone defect edge, e: endochondral bone, *: EBR area, p: pellet.
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aBSTRacT

This study aims to investigate in vitro and in vivo efficiency of commercially available fibrin as a 
carrier for controlled and sustained BMP-2 release to induce bone formation and reduce its side 
effects. We evaluated the in vitro release and activity of low-dose rhBMP-2 (37.5 µg/mL) em-
bedded in commercially available fibrin and subsequently grafted critical-sized femur defects 
in rats to study bone regeneration and vascularization using microCT scanning and histology. In 
vitro experiments showed a sustained BMP-2 release with still a high BMP activity after 28 days. 
In vivo, fibrin loaded with BMP-2 showed an extremely fast bone healing, with a high amount 
of new bone formation throughout the entire defect in the first 4 weeks and complete cortical 
repair and fusion after 8 weeks with no ectopic bone, whereas the control fibrin group did not 
fuse after 12 weeks. Vascularization was similar in both groups at four weeks and twelve weeks 
after implantation. In conclusion, commercially available fibrin is a very efficient carrier for 
rhBMP-2 to graft critical-sized cortical bone defects.
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INTRODUcTION

Bone is a diverse tissue, which is able to regulate, adapt and regenerate itself after damage. 
However, the extent of regeneration is limited, especially when infectious or non-vital tissue is 
present, or when the bone defects are too large to be bridged, e.g. after major trauma, tumor 
resection or revision arthroplasty (36). Insufficient bone regeneration leads to non-unions or 
large persistent bone defects and their repair remains a major issue in orthopaedic surgery 
(86). Natural grafts (e.g. autografts and allografts) have certain drawbacks, both with respect 
to quantity (availability of satisfactory grafts), as well as quality (donor site morbidity, graft 
rejection, and disease transmission) (16). Therefore, there is considerable interest in novel bone 
regeneration methods.

Three main elements supporting bone regeneration are well-known, e.g. cell sources, 
scaffolds, and tissue-inducing factors (signalling factors) or so-called bioactive factors. Very 
potent elements are to treat patients with irreversible bone defects, which could be used in 
combination or alone, are bioactive factors. Recombinant human bone morphogenetic proteins 
(rhBMPs) are the most well-known bioactive factors for bone regeneration. They have been in-
troduced approximately two decades ago and have been widely used (167). Bone morphogenetic 
proteins (BMPs) are naturally produced during fracture repair and fulfill multiple important 
roles during skeletal formation (168). In particular, BMPs are expressed in the perichondrium; in 
hypertrophic chondrocytes; and their receptors also exhibit characteristic expression patterns 
in the growth plate (2). The mechanism, by which it is promoting or inhibiting its function in 
endochondral or even intramembranous bone formation, is not fully understood. Two types 
of rhBMP are clinically used to repair bone defects or treat non-unions, of which rhBMP-2 out 
favors rhBMP-7, as it has a higher and quicker radiographic consolidation, and patients are able 
to bear weight sooner, without a difference in the complication rate (169).

RhBMPs are clinically effective and FDA approved for fracture repair of tibia and spinal 
fusion, but are also used off-label (51, 52). It is clear that with increased use, a growing and well-
documented side effect profile has emerged, including cervical spine swelling, ectopic bone 
formation, vertebral and nonvertebral bone resorption, urogenital events and wound complica-
tions (55). These disadvantages are probably related to the high dosages, which are necessary to 
achieve bone formation, but could also induce complications (53, 54). Although no adverse events 
were reported in early clinical studies, it is now estimated that adverse events associated with 
rhBMP-2 use in spine fusion are ranging from 10 % to 50 % depending on the approach, and this 
risk is probably equivalent to or greater than that of iliac crest bone graft harvesting (54). This led 
to a negative tendency towards the use of rhBMPs in general, and trials are now aimed toward 
elucidating the optimal dosage of rhBMP-2 (55). To get the optimal dose and timing of activity of 
rhBMP-2, an interest for defining a proper delivery system has emerged (53). The FDA approved 
formulation of rhBMP-2 is via a system, where the BMP-2 is placed in an absorbable collagen 
sponge. However, ectopic bone formation with this system has been reported frequently, which 
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is likely related to premature leakage of BMP from the sponge (56). A suitable delivery system 
should enable a controlled and sustained release of rhBMPs and tackle the short biological 
half-life (57).

An ideal carrier material, which closely mimics the natural environment during bone re-
generation, represents an extension of the body’s own repair capacities similar to the working 
mechanisms of autografts and allografts. Natural biomaterials, such as collagen, chitosan, silk 
fibroin, alginate, hyaluronan and gelatin, possess appropriate characteristics, as they have the 
ability to mimic certain aspects of the natural extracellular matrix (57). They promote cell adher-
ence, migration, differentiation and extracellular matrix deposition, while being biocompatible, 
biodegradable and osteoconductive (2).

One of the first steps in natural bone regeneration is the formation of a fibrin clot. Fibrin 
is a fibrous protein, which is naturally present during wound healing in the fracture haema-
toma. It is derived from fibrinogen under the enzymatic action of thrombin and forms a nano-/
micro-fibrillar meshwork, the blood clots (170). It provides a favourable environment for cellular 
attachment and proliferation, and for cytokines such as BMPs. Because of its biomimetic and 
physical properties, fibrin glue (fibrinogen plus thrombin) can be easily mixed with cells or 
bioactive factors (59). If a lower fibrinogen concentration is used, the permeability is higher, 
which is favourable for rapid cell invasion, remodelling and replacement by transplanted or 
host cells (58).

We hypothesize that the reason of side effects with using rhBMP-2 for bone repair is its high 
dose in a suboptimal delivery system. The aim of the present study was to show the efficiency 
of commercially available fibrin as a carrier for low-dose rhBMP-2 to induce bone formation in 
a large cortical femoral defect in a rat.

MaTERIaLS aND METhODS

study design
To evaluate the performance of a fibrin hydrogel as a BMP-2 carrier in vitro, the release profile 
of the protein was analysed during 28 days. Further, to assess whether the released BMP-2 was 
still active, its capability of inducing an increase of ALP activity was tested in a cell line. Finally, 
the degradation of the construct was monitored over time. To check whether the concentration 
and release profile determined in vitro are suitable for in vivo applications, the BMP-2 loaded 
constructs were implanted in a critical-sized femur defect in rats. A construct composed of 
only fibrin was used as control. We compared the fibrin (fibrin) and BMP-2 embedded in fibrin 
(fibrin-BMP) groups for their ability to promote bone formation and vascularization. Micro-
computed tomography (µCT) and histology were used as output parameters.
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Fibrin construct preparation
Fibrin gels were prepared using cuboid shaped custom-made moulds (6 mm x 3.5 mm x 3.5 
mm) in a sterile environment. Clinically applicable human fibrinogen (Tissucol, Baxter, Utrecht, 
The Netherlands) was diluted in sterile phosphate buffered saline to a final concentration of 
22.5 mg/mL and clotted for 30 minutes at room temperature with 2.5 IU/mL thrombin (Global 
Siemens Healthcare, Erlangen, Germany) dissolved in a 20 mM calcium chloride solution (to-
tal volume 80 µl). Constructs with fibrin and BMP-2 were made by adding 3 µg of rhBMP-2 
(InductOS, Wyeth/Pfizer, New York, NY, USA) with a final concentration of 37.5 µg/mL to the 
thrombin/calcium chloride solution before clotting. Constructs were prepared one by one to 
prevent premature setting of the gels during handling and an inhomogeneous dispersion of 
BMP-2.

The constructs were prepared the day before surgery and, to prevent dehydration, they 
were incubated at 37 °C overnight in 1 ml of medium consisting of high glucose DMEM (31966, 
Gibco, Life Technologies Europe, Bleiswijk, The Netherlands) supplemented with 1 % ITS + 
premix (354352; BD Biosciences, Vianen, The Netherlands), 10-7 M dexamethasone (D8893; 
Sigma-Aldrich, Zwijndrecht, The Netherlands), 0.2 mM L-ascorbic acid 2-phosphate (A8960, 
Sigma-Aldrich, Zwijndrecht, The Netherlands), 50 μg/mL of gentamicin (17-518Z, Lonza, Maas-
tricht, The Netherlands) 1.5 μg/mL of Fungizone (15290-026, Fisher Scientific, Landsmeer, The 
Netherlands) and 40 μg/mL L-proline (P-5607, Sigma-Aldrich, Zwijndrecht, The Netherlands).

For the in vitro experiments, gels were cultured in 1 ml of DMEM/F12 (1:1)+GlutaMAX 
(31331093, Fisher Scientific, Landsmeer, The Netherlands) supplemented with 10 % heat in-
activated FBS (RWG35912; HyClone GE Healthcare, Hoevelaken, The Netherlands) 100 U/mL 
penicillin with 100 mg/mL streptomycin (15140, Fisher Scientific, Landsmeer, The Netherlands). 
Three groups were compared during the in vitro analysis: fibrin (fibrin), BMP-2 embedded in 
fibrin (fibrin-BMP) and BMP-2 embedded in fibrin, maintained in medium containing plasmin 
(0.025 U/mL, P1867, Sigma-Aldrich, Zwijndrecht, The Netherlands) (fibrin-BMP-plasmin). Plas-
min was added to the medium to promote a faster degradation of the fibrin gels, as plasmin 
in vivo cuts a fibrin mesh at various places during fibrinolysis (171, 172) and therefore the plasmin 
group might provide a more realistic representation of the in-vivo situation. Construct length 
was measured using an Olympus BX51 microscope (Olympus DP70 camera, Olympus, Hamburg, 
Germany), to visualise degradation of the constructs over time.

in vitro release of bMP-2
BMP-2 release over time was evaluated using a BMP-2 ELISA (#900-M255, PeproTech, London, 
United Kingdom) according to manufacturer’s instructions. Since no BMP-2 was loaded in the 
fibrin group, only the fibrin-BMP and the fibrin-BMP-plasmin groups were analysed for its 
content. Medium collected from the constructs (n = 3) at days 0, 1, 2, 5, 10, 16, 21 and 28 was 
stored at -80 °C till the ELISA could be performed. Fresh, non-cultured medium was used as 
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negative control. The plate was read at the different time points (5-10-15 and 20 minutes) at 
405 nm with wavelength correction set at 650 nm.

in vitro activity of bMP-2
To assess if the crosslinking process of the fibrin could have affected BMP-2 activity, its ability of 
enhancing ALP activity in a ATDC5 cell line was evaluated. Two hydrogels for each group; fibrin, 
fibrin-BMP and fibrin-BMP-plasmin were incubated in medium for 10 or 28 consecutive days at 
37 ºC under humidified conditions and 5 % carbon dioxide (CO2). Fibrin and medium incubated 
for an equivalent amount of days were taken along as negative controls.

Three days before the time points (10 or 28 days) 6,000 cells/well were seeded in a 96 well 
plate. ATDC5 cells were cultured at 37 ºC under humidified conditions and 5 % CO2 in DMEM/
F12 (1:1)+GlutaMAX (31331093, Fisher Scientific, Landsmeer, The Netherlands) supplemented 
with 10 % heat inactivated FBS (RWG35912; HyClone GE Healthcare, Hoevelaken, The Nether-
lands) 100 U/mL penicillin with 100 mg/mL streptomycin (15140, Fisher Scientific, Landsmeer, 
The Netherlands). After three days, the medium, in which the constructs of the three groups 
were placed, was collected and added to the ATDC5 cells (n = 3 per hydrogel) at different dilu-
tions (undiluted and 10X diluted). Cells were incubated herein for another 3 days, after which 
the ALP activity was evaluated.

Briefly, after washing with PBS, ATDC5 cells were lysed with 0.5 % Triton-X 100 in PBS for 
30 minutes. Of each sample 25 μl was incubated in a flat transparent bottom 96 well plate 
with 50 μl pNPP (N7653, Sigma-Aldrich, Zwijndrecht, The Netherlands). ALP enzyme (P4978, 
Sigma-Aldrich, Zwijndrecht, The Netherlands) with known U/ml was used to obtain a standard 
curve. A kinetic reading was performed every two minutes for 30 minutes at 405 nm with a 
correction at 655 nm.

To correct for the amount of cells present in each well, DNA was quantified using Quant-iT™ 
PicoGreen™ dsDNA Assay Kit (P7589, Fisher Scientific, Landsmeer, The Netherlands) according 
to the manufacturer’s instruction.

animals
Eighteen male Wistar rats (Charles River, Sulzfeld, Germany) were housed in paired under strict 
supervision in the animal facility of the University Medical Center Utrecht. Animals received 
standard food pellets and water ad libitum, and were kept under climate-controlled condi-
tions (21 ºC; 12 h light/12 h darkness). At the age of 16 weeks after at least seven days of 
acclimatization in the animal facility, a six mm critical-sized segmental bone defect was created 
(44), briefly described below. Two experimental groups were compared in vivo: defects filled 
with the Tissucol only constructs (fibrin, n = 10) and defects filled with BMP-2 embedded in the 
Tissucol constructs (fibrin-BMP, n = 8). Both construct types contained 22.5 mg/mL fibrinogen 
as mentioned before. The constructs were implanted immediately after the creation of the 
defect. From both experimental groups, two animals were euthanized at four weeks (short 
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follow-up) with an overdose of barbiturates (phenobarbital; 200 mg/kg body weight, TEVA 
Pharma, Haarlem, The Netherlands). The other animals were euthanized at twelve weeks (long 
follow-up). Of both short and long follow-up the bones and the vessels surrounding it, were 
analysed with µCT scanning and histology. The research protocol was approved by the animal 
experiments committee of the institution (104888-2/ 2014.III.06.054) and was in accordance 
with national law on animal experiments.

surgical procedure
After at least seven days of acclimatization of the rats in the animal housing facility, a six mm 
critical-sized segmental bone defect was created in the mid femur of all rats. Surgical proce-
dures were performed aseptically under general anaesthesia (1-3.5 % isoflurane). In short, the 
right hind leg was shaved from ankle to hip. The right femur was exposed through a lateral skin 
incision and dissection of soft tissue and division of underlying fascia. Using three proximal and 
three distal screws, a 23 × 3 × 2 mm polyether ether ketone plate was fixed to the anterolateral 
plane of the femur. Periosteum was removed over 6 mm of the mid-diaphyseal region before 
a six mm cortical bone segment was removed with a wire saw using a tailor-made saw guide 
(RISystem, Davos, Switzerland). After the construct (fibrin or fibrin-BMP) was implanted press-
fit into the defect, the fascia and skin were sutured in layers using Vicryl rapide 5-0 (VR 2297, 
Ethicon, Brussel, Belgium). Subcutaneous injection of pain medication (buprenorphine, 0.05 
mg/kg body weight) was given pre-operatively and twice a day for the following three days, 
at which time the animals were also checked for any complications or side effects, like wound 
problems, immobilisation of the operated leg, or any other abnormal behaviour of the animal.

µCt scanning
Micro-computed tomography scans of the femora were performed to assess bone formation 
at 4, 8 and 12 weeks. At baseline, a µCT scan was made directly after implantation of the 
construct, when the rats were still under anaesthesia to check for any complications. In supine 
position, the hind leg of the rat was fixated allowing scanning of the femur with the µCT (scan 
time of 3 minutes, voxel size of 42 μm3, X-ray energy and X-ray tube potential of 90 keV, X-ray 
intensity of 180 µA, Quantum FX; PerkinElmer, Waltham, MA, USA). Two regions of interest 
(ROIs) were selected of 6 x 3.5 x 3.5 mm (bone volume inside the defect; BVi) and of 6 x 6.4 x 
6.4 mm (total bone volume; TBV), as illustrated in figure 1 (Fig. 1).

The ROIs were segmented with a global threshold. Bone volume was measured in mm3 and 
3D reconstructions of the defects were made using image processing software (Image-J; Java, 
Redwood Shores, CA, USA).

Bone bridging was assessed on ex vivo scans with ImageJ and was quantified by measuring 
the shortest remaining gap size between bone formed at the proximal and distal side of the 6 
mm defect.
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Figure 1. Regions of interest around the defect area on a µcT scan of the rat femora.
Sagittal view of a µCT scan with two rectangular ROIs in red. The smaller red dotted box embracing the grey area indicates the 
ROI where the bone volume inside the scaffold (BVi) was determined. The outer red dotted box, embracing both the grey and 
blue area, shows the ROI where the total new bone volume formed (TBV) was assessed. Scale bar indicates 1 mm.

Vascularization was examined at four weeks (short follow-up group, n = 2 per group) and 
at end point of twelve weeks (all remaining animals, n = 8 for the fibrin group & n = 6 for 
the fibrin-BMP group) with the use of µCT angiography. Under general anesthesia (1-3.5 % 
isoflurane in oxygen) a catheter was placed in the aorta abdominalis. First, 50 ml of 0.9 % saline 
was injected, then 100 ml of 0.4 % Papaverine solution (P3510, Sigma-Aldrich, Zwijndrecht, The 
Netherlands ), followed by 50ml 0.9 % saline and 100 ml 10 % formalin. After injection of a lead 
chromate radiopaque contrast agent (Microfil MV-120, Flow Tech, Carver, MA), the compound 
was polymerized overnight at 4 ºC. The next day, femora were removed en bloc and immersed 
in 4 % phosphate-buffered paraformaldehyde for a week (173).

Histology
All samples were retrieved for histology processing. After fixation, they were decalcified in a 
10 % EDTA-phosphate buffered saline solution (pH 7.4) and dehydrated in graded ethanol solu-
tions (70-100 %) and xylene. The dehydrated samples were subsequently embedded in paraffin 
and sectioned into five µm slices (Microm HM340E; Thermo Fischer Scientific, Waltham, MA, 
USA). Before every staining, samples were deparaffinised with xylene and gradually rehy-
drated through ethanol solutions (100-70 %). Overall appearance and new bone formation was 
evaluated using H&E staining (Sigma-Aldrich, Zwijndrecht, The Netherlands). CD34 staining 
was performed to identify the endothelial cells and the vessel-structures. Briefly, after blocking 
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endogenous peroxidase activity for 10 min in 0.3 % H2O2, proteolysis mediated antigen retrieval 
was performed through 30 min incubation at 37 °C with 0.1 % trypsin (Sigma-Aldrich, Zwijndre-
cht, The Netherlands). After blocking with 5 % BSA-PBS for 30 min at room temperature, CD34 
antibody was incubated with 10 % normal goat serum for 1 h at room temperature (1:200, 
AF4117; R&D Systems, Oxon, United Kingdom). After the washing steps, all samples were incu-
bated in 1 % BSA-PBS with an HRP-labelled secondary antibody (1:200, P0449, Dako, Heverlee, 
Belgium) for 30 min at room temperature. The labelling was visualized with diaminobenzidine 
as substrate. Sections were then counterstained with haematoxylin, washed, dehydrated and 
mounted in depex. All sections were visualized using an Olympus BX51 microscope (Olympus 
DP70 camera, Olympus, Hamburg, Germany).

statistics
Statistical analysis was performed using SPSS Statistics 20.0 and 22.0 (SPSS, Inc.). Data are pre-
sented as means with standard deviation. In the analysis of the in vitro release, mixed models 
analyses were used to test for statistical differences between the two groups (fibrin-BMP & 
fibrin-BMP-plasmin), with random intercept and corrected for time. For the ALP activity, differ-
ences were tested with a One-way ANOVA for parametrical data, and a Kruskal-Wallis test for 
non-parametrical data. In the analysis of the results of the µCT scanning, mixed models analysis 
was used to test for statistical differences between the two groups (fibrin & fibrin-BMP), with 
random intercept and corrected for time. Gap size and vascularization differences were tested 
with independent samples t-tests for parametrical data. If gap size or vascularization were non-
parametrical Mann-Whitney U tests were performed. A p-value less than 0.05 was considered 
a statistically significant difference. A power calculation (β-value > 0.80, SD ~ 50 %) was made 
to find a true difference of at least a duplication in BVi and these values were based on previous 
work (42-44, 174). Based on this calculation, n = 5 was required. The final decision to use more rats 
per groups accounted for loss of animal (e.g. anaesthesia or defect fixation failure).

RESULTS

in vitro experiment
The cumulative BMP-2 release (Fig. 2A) shows that no burst release occurs within the first 
days for both the fibrin-BMP group and the fibrin-BMP-plasmin group. Both groups showed a 
more or less linear release profile that lasted until 21 days for the fibrin-BMP-plasmin group, 
with a cumulative release of 2.49 ± 0.56 μg. In the fibrin-BMP group the release continued 
linearly until endpoint of 28 days reaching a maximum cumulative release of 0.73 ± 0.46 μg. 
Already from day 5 and up the release of BMP in the fibrin-BMP-plasmin group was significantly 
increased relative to the group without plasmin, indicating the increased degradation of the 
fibrin by the plasmin. There is an average significant difference between the groups over time 
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of 0.93 μg (CI 0.41 – 1.45, p = 0.008). For both groups, fi brin-BMP and fi brin-BMP-plasmin, the 
released BMP-2 at 10 days showed ALP acti vity (Fig. 2B). At 28 days the fi brin-BMP group was 
slightly more acti ve than the fi brin-BMP-plasmin group. Checking the construct length over 
ti me, no diff erences were observed when plasmin was added to the culture medium (Fig. 2C).

Figure 2. Eff ects of in vitro incubati on ti me and plasmin on BMP-2 release and acti vity, and construct length.
In vitro BMP-2 release over ti me (A), ALP acti vity at 10 and 28 days (B), and construct length over ti me of the fi brin constructs 
(C). * p<0.05

in vivo experiment
All rats were able to tolerate weight-bearing acti viti es immediately aft er surgery; the implanta-
ti on sites healed without complicati ons and all animals remained healthy during the follow-up. 
Animals had an average weight of 414±21 g at ti me of implantati on and during follow-up there 
was an average increase of 36±10 g aft er four weeks and 73±11 g aft er twelve weeks.
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µCt analysis
There was a significant difference between the animal groups (fibrin and fibrin-BMP) with a 
mean difference over time of 38.2 mm3 (CI 29.8 – 46.6, p < 0.001) for BVi and 46.4 mm3 (CI 34.6 
– 58.2, p < 0.001) for TBV (Fig. 3). At four weeks, fibrin showed 17.5±6.8 mm3 BVi and 18.9±7.3 
mm3 TBV, which increased to 32.5±6.0 mm3 BVi and 41.8±9.4 mm3 TBV after twelve weeks. 
Considerably more bone was observed at four weeks in the fibrin-BMP group (63.6±7.6 mm3 
BVi and 80.8±21.4 mm3 TBV), and this remained almost the same after twelve weeks (63.5±13.1 
mm3 BVi and 74.9±14.8 mm3 TBV). Compared to an intact femur, the fibrin-BMP group showed 
110 % of BVi and 105 % TBV at twelve weeks (data not shown).

Figure 3. Longitudinal quantification of bone regeneration in the segmental bone defects.
In vivo µCT scan analysis after four, eight and twelve weeks; BVi; defined as bone formed inside the defect area. TBV; defined 
as all bone formed within the 6 mm defect (also see Fig. 1). Values are expressed as mean and SD (n=8 for fibrin, n=6 for fibrin-
BMP). * p<0.05 between groups, ** p<0.05 over time.

Histological evaluation and ex vivo µCt analysis
Histology at four weeks and at the endpoint (week 12) confirmed an increase in bone formation 
for the BMP embedded in fibrin bone substitutes (Fig. 4). Already after four weeks, the fibrin-
BMP group showed extensive bone formation, inside and slightly outside of the defect area 
close to bridging the defect. At the endpoint of the study (12 weeks after implantation), bone 
bridging was clearly noticeable. The defects of the fibrin group showed less bone formation, 
with fibrous tissue inside the defects after four weeks and twelve weeks (Fig. 4A). At twelve 
weeks, the defects were also filled with soft tissue (Fig. 4A2).

µCT scans over time showed most bone formation at the proximal side of the defects in 
the fibrin group, which was corroborated by the observed bone formation on histology (Fig. 
5). Fibrin grafted defects showed gradually increasing bone formation (Fig. 5A). In fibrin-BMP 
grafted defects, most unorganized bone formation was before four weeks, with remodelling 
starting thereafter (Fig. 5B). Almost all these defects were bridged after eight weeks, with the 
formation of an intramedullary channel, and almost complete remodelling at twelve weeks 
after implantation. At twelve weeks, bone bridging was only seen in the cortical defects grafted 
with fibrin-BMP (Fig. 6). Only one of the defects of the fibrin-BMP group was not completely 
bridged, and the average remaining gap size was 0.06±0.15 mm3, which was hugely different 
compared to the gap size in the fibrin group (0.78±0.26 mm3, p < 0.001) (Fig. 6E).
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Figure 4. Histology of fibrin and fibrin-BMP grafted femora in rats.
Representative pictures of H&E staining taken from the center of the defect after four (A1-B1) and twelve (A2-B2) weeks. B = 
bone, Fb = fibrous tissue.

Figure 5. µCT scans of segmental bone defects over time.
Representative longitudinal µCT scans illustrating the bone regeneration process after grafting with fibrin (A) or fibrin-BMP (B) 
constructs. Asterisk shows formation of an intramedullary channel already at 8 weeks after implantation of fibrin with BMP-2. 
Solid arrow indicates a fully bridged defect. Dashed arrow shows bone formation from the proximal side of the femur in the 
fibrin-only grafted defects.
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Figure 6. 3D µCT renderings showing bone bridging and blood vessels around the bone with its quantifications in the 
graphs below.
Representative 3D µCT images of bone bridging and blood vessels after grafting with fibrin or fibrin-BMP constructs at four 
weeks (A & C) and twelve weeks (B & D). Images A1-B1-C1-D1 are 3D reconstructions just before euthanizing. Bone appears 
in grey. Images A2-B2-C2-D2 are 3D reconstructions just after euthanizing when Microfil had been injected into the blood 
vessels around and in the defect site. Bone appears in grey and blood vessels appear in red. In graph E the remaining gap size 
indicates the bridging success. In graph F blood vessel formation, measured by Microfil volume after twelve weeks, represents 
neovascularization around the bone. * p<0.05

The vessel volume was not different after four weeks between fibrin-BMP (1.73±0.94 mm3) 
and fibrin (0.96±0.68 mm3, data not shown), and also not after twelve weeks (respectively 
0.71±0.32 mm3 and 1.03±0.62 mm3) (Fig. 7), also not upon visual inspection (Fig. 6). Overall, 
the same amount of CD34 staining was visible after four weeks in both groups and more CD34 
staining was visible inside the defects after twelve weeks in fibrin grafted defects, indicating 
vessel formation (Fig. 7). This could be contributed to the relatively higher vessel density in the 
fibrous and muscle tissue infiltrating the defect, compared to the vessel density in the newly 
formed bone tissue.
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Figure 7. Histology of blood vessels in fibrin and fibrin-BMP grafted femora in rats.
Representative images of CD34 staining taken from the center of the defect after four (A1 & B1) and twelve (A2 and B2) weeks. 
Red boxes represent the areas that are shown in greater detail on the right-hand side (A1.1-A2.1-B1.1-B2.1).

DIScUSSION

In this study we showed that commercially available fibrin loaded with rhBMP-2 and implanted 
in a critical-sized bone defect in rats resulted in completely bridged and remodelled defects 
compared to controls with implanted fibrin in the bone defect. In vitro results show a gradual 
linear release of BMP over at least 28 days and sustained activity of BMP at day 28. Our results 
show that diluted clinically applicable fibrin is an excellent carrier for the delivery of the growth 
factor BMP-2.

The degradation properties of the fibrin we used showed a continuous in vitro release and 
activity till day 28 without a burst release. This release pattern is different from that reported in 
other studies on the release kinetics of BMP from fibrin (175, 176). In these studies it was hypoth-
esized that due to the relatively small size of BMPs compared to the pores of fibrin and their 
low affinity to interact with fibrin, BMPs are released quickly from the fibrin glue (177). However, 
we used a much lower concentration of BMP and therefore in our study the BMP might all be 
covalently crosslinked within the fibrin network structure by factor XIII (178). However, more 
factors are involved in release and activity kinetics, such as the type of fibrin sealant (59). Most 
articles on this topic state that gradual release of BMP is preferred over a burst release, where 
most BMP’s would get lost without becoming functional in vivo (171, 179). Our study supports this 
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statement, as bone formation was occurring at the sites where the constructs resided while 
slowly releasing BMP in our in vivo study.

Because, plasmin and/or other factors might enhance degradation in vivo, fibrin degrada-
tion was also evaluated in vitro in the presence of plasmin. Although macroscopically, we did 
not see a decrease in the size of the fibrin constructs in the presence of plasmin, we did show a 
faster BMP-2 release from these constructs, likely related to the fact that the plasmin made the 
fibrin network more porous (59). This degradative process was indeed further enhanced when 
the constructs were implanted in animals, which was confirmed by the fact that the fibrin was 
not retrievable on histology in constructs harvested four weeks after implantation in the rats.

Different types of fibrin sealants exist, which all possess different biological, mechanical and 
degradation properties (59). The physicochemical properties, like fiber thickness, porosity and 
permeability, depend on the conditions of polymerization, such as the fibrinogen and thrombin 
concentrations and other parameters, are adaptable (180-185). However, the ideal properties of 
fibrin in the current application are not known and might vary dependent on the site or size of 
the construct used. In the present study the fibrinogen was diluted as much as possible while 
it could still form a gelated stable construct. Here dilution was preferred, as a lower fibrinogen 
concentration is associated with a higher permeability, which is favourable for rapid cell inva-
sion, remodelling and replacement by the transplanted or host cells (186).

We have shown that the osteoinductive properties of the BMP-containing fibrin are effec-
tive in non-loaded bone defects. However, if you use these fibrin constructs in load-bearing 
defects, it requires stabilisation (e.g. by internal or external fixation methods), which is not 
provided by the fibrin construct. Therefore the fibrin should be combined with another type of 
scaffold to provide mechanical stability (e.g. porous titanium or ceramic scaffolds) (43, 185). Still, 
the advantage of the fibrin approach chosen here includes the possibility to inject it directly 
after mixing the fibrin and thrombin. Thereby, bone defects that are considered stable but 
still need stimulation of bone regeneration (e.g. delayed or non-unions) could be treated by 
percutaneous injection. Furthermore, fibrin is already FDA approved and widely available.

Another important issue (still) is the use of BMP-2 for clinical applications. We know that 
despite the significant evidence of the potential of BMP-2 for bone healing established in animal 
models, the results are difficult to translate to humans. In humans, a much higher dose of BMP 
seems to be necessary to generate bone, which might be related to the reported negative side 
effects (57, 187). At this moment, BMP use is FDA approved when applied via a collagen sponge as 
delivery vehicle. This delivery system could well be the reason of these side effects. Previously 
we have tried other collagen based delivery systems in the same rat model, which provided 
bone formation outside the defect (42). Furthermore the sponge is not easily applicable, and 
displacement is noticed in some cases (188). We think that fibrin, due to its linear and long-term 
release profile, allows for the use of a much lower dose of BMP-2. Schützenberger et al. also 
showed that a relatively low concentration of BMP-2 in fibrin carriers compared to collagen 
carriers resulted in equivalent bone healing (189). The next step would be to further translate 
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our results using a large animal model (e.g. goat or sheep) to upscale the scaffold volume and 
determine the BMP dosage in larger constructs that might require another release profile due 
to its altered diffusion. Thus, the optimal application method of this fibrin sealant still needs 
to be determined in more relevant animal models in which the method could be tested in an 
injectable form or in a prefabricated scaffold. In conclusion, this study shows that treatment 
of a bone defect with BMP-2 embedded in diluted fibrin leads to increased bone formation 
and even defect bridging and remodelling in a short amount of time, without any ectopic 
bone formation. This suggests that fibrin might be the optimal carrier for BMP-2-induced bone 
regeneration.
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aBSTRacT

Additively manufactured (AM) porous metallic biomaterials in general and AM porous titanium 
in particular have recently emerged as promising candidates for bone substitution. The porous 
design of such materials allows for mimicking the elastic mechanical properties of native bone 
tissue and showed to be effective in improving bone regeneration. It is, however, not clear 
what role the other mechanical properties of the bulk material such as ductility play in the 
performance of such biomaterials. In this study, we compared the bone tissue regeneration 
performance of AM porous biomaterials made from the commonly used titanium alloy Ti6Al4V-
ELI with that of commercially pure titanium (CP-Ti). CP-Ti was selected because of its high 
ductility as compared to Ti6Al4V-ELI. Critical size (6mm) femoral defect in rats were treated 
with implants made from both Ti6Al4V-ELI and CP-Ti. Bone regeneration was assessed up to 12 
weeks using micro-CT scanning. The regenerated bone volume was assessed ex vivo followed 
by histology and biomechanical testing to assess osseointegration of the implants. The bony 
defects treated with AM CP-Ti implants generally showed higher volumes of regenerated bone 
as compared to those treated with AM Ti6Al4V-ELI. The torsional strength of the two titanium 
groups were similar however, and both considerably lower than those measured for intact bony 
tissue. These findings show the importance of material type and ductility of the bulk material in 
the ability for bone tissue regeneration of AM porous biomaterials.

Key words: Titanium, 3D Printing, porosity, bone regeneration, bone substitutes.
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1. Introduction

Treatment of large (critical-size) bone defects that often result from trauma or removal of bone 
tumors are still a major challenge in orthopaedic surgery. Multiple treatment strategies includ-
ing autografts or allografts are currently being used. However, non-union is observed in 4.9 % 
of the cases treated for bone fracture (8). In 23 % of ankle arthrodesis cases, for example, non-
unions persist, requiring multiple invasive procedures and causing prolonged immobilization 
and even permanent morbidity (190). It is therefore important to develop bone substitutes that 
stimulate bone tissue regeneration and help in overcoming bony non-unions.

Recent developments in free-form manufacturing techniques such as advanced additive 
manufacturing (AM) technologies have enabled fabrication of fully porous metallic biomateri-
als that could mimic the elastic mechanical properties of bone while offering unusually large 
surface to volume ratios (40, 41, 191, 192). In particular, the medical grade titanium alloy Ti6Al4V-ELI 
processed with AM techniques such as direct metal printing has been extensively investigated 
as a potential bone substituting material during the last decade (39, 193, 194). Although other 
materials such as pure titanium, tantalum, nitinol and cobalt-chromium have been suggested 
as alternative materials for fabrication of AM bone substitutes, it is not clear what effects the 
material type has on the bone tissue regeneration performance of such biomaterials (195-199). 
More specifically, the effects of the inelastic mechanical properties of the bulk material such as 
ductility on the bone tissue regeneration performance have been never studied before.

Commercially pure titanium (CP-Ti) and titanium alloy (Ti6Al4V-ELI) both have a modulus of 
elasticity in the range of 100-115 GPa, whereas bone has an elastic modulus up to 20 GPa for 
cortical bone and as low as <1 GPa for cancellous bone (200-202). Using highly porous designs, the 
elastic modulus of AM porous titanium (both Ti6Al4V-ELI and CP-Ti) could be reduced to the 
levels comparable with those of the native bone tissue (203). There are, however, considerable 
differences between the inelastic mechanical properties of Ti6Al4V-ELI and CP-Ti. In particular, 
CP-Ti is much more ductile than Ti6Al4V-ELI with an ultimate elongation of about 30 % as 
compared to 14 % of elongation for Ti6Al4V-ELI (195). Partially due to its higher ductility, AM 
CP-Ti has a much higher normalized (with respect to yield stress) fatigue strength as compared 
to Ti6Al4V-ELI (195). The higher ductility of AM CP-Ti may result in more deformation at highly 
loaded locations and subsequently in a more uniform load distribution throughout the porous 
structure. This could, in turn, lead to higher volumes of de novo bone formation in the porous 
titanium scaffold. We therefore hypothesized that that AM porous implants made from CP-Ti 
outperform their Ti6Al4V-ELI counterparts in terms of bone regeneration. We assessed the 
validity of this hypothesis using an animal experiment.
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2. Materials and methods

2.1 animal experiments
Sixteen male Wistar rats (Charles River, Sulzfeld, Germany) were housed in pairs under strict 
supervision in the animal facility of the University Medical Center Utrecht, The Netherlands. 
The research protocol was approved by the animal ethics committee of the institution (105065-
1/2014.III.12.105) and was in accordance with the national laws on animal experiments. Animals 
received standard food pellets and water ad libitum and were kept under climate-controlled 
conditions (21ºC; 12 h light/ 12 h darkness). At the age of 16 weeks and after 7 days of acclima-
tization (weight = 340-370 gram), a 6-mm critical size segmental bone defect was created in the 
right femur of each rat with a wire saw using a saw guide (RISystem, Davos, Switzerland) (44). The 
surgeries were performed aseptically under general anesthesia (1-3.5 % isoflurane, AST Farma, 
Oudewater, The Netherlands). Briefly, the right hind leg was exposed by a skin incision and dis-
section of soft tissue and division of underlying fascia. Using three proximal and three distal 
screws, a polyether ether ketone plate was fixed to the femur. Subsequently, an AM implant 
made from with CP-Ti (n = 8) or Ti6Al4V-ELI (n = 8) scaffold was implanted in the defect. The 
fascia and skin were sutured using Vicryl Rapide 5-0. Subcutaneous injection of pain medication 
(buprenorphine, 0.05 mg/kg body weight, AST Farma, Oudewater, The Netherlands) was given 
pre-operatively and twice a day for the following three days. Before the surgeries, rats received a 
single dose of antibiotics (enrofloxacin; 5mg/kg body weight, Bayer, Mijdrecht, The Netherlands).

The rats were euthanized after 12 weeks with an overdose of barbiturates (phenobarbital; 
200 mg/kg body weight, TEVA Pharma, Haarlem, The Netherlands) and the bones were ana-
lyzed with micro-computed tomography (micro-CT), histology, and biomechanical testing.

2.2 Bone substitutes
AM porous CP-Ti implants were produced with direct metal printing (DMP, ProX DMP 320, 3D 
Systems Layerwise, Leuven, Belgium) using pure titanium powder conforming to ASTM Grade 
1, while the powder used for production of the AM Ti6Al4V-ELI implants conformed to ASTM 
B348, grade 23. File preparation was performed in the Magics software (Materialise, Leuven, 
Belgium) and DMP control software (3D Systems Layerwise, Leuven, Belgium). All implants 
were cylinders with a height of 6 mm, an outer diameter of 4 mm, and an inner diameter of 1 
mm (leaving a central endosteal channel). The porous architecture was based on a dodecahe-
dron unit cell (196). The DMP machine used for fabrication of the implants enables controlling 
the oxygen level in the building atmosphere to under 50 ppm and is therefore very suitable 
for production of Ti alloys. The samples were built on a CP-Ti build plate and cut from the 
plate by wire electrical discharge machining. Both CP-Ti and Ti6Al4V-ELI implants underwent a 
post-production alkali-acid-heat surface treatment (45). The compressive strength and Young’s 
modulus were determined in an earlier study (195). The surface morphologies of treated samples 
were evaluated with a JSM 6500F (JEOL, Tokyo, Japan) scanning electron microscopy (SEM).
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2.3 Micro-cT scanning
For both types of implants, the pore size, strut size, and porosity were determined with micro-
CT scanning. To monitor the bone ingrowth, in vivo micro-CT scans of the femora were obtained 
under general anesthesia (1-3.5 % isoflurane) from all animals at 0, 4, 8 and 11 weeks after the 
implantation of the bone substitutes. The hind leg of the rat was fixed in the supine position to 
enable scanning the femur (scan time: 3 minutes, voxel size: 42 μm3, tube voltage: 90 kV, tube 
current: 180 mA, Quantum FX; PerkinElmer, Waltham, MA, USA).

From all datasets, bone volume inside (BVi, Figure 1) and outside (BVo, Figure 1) the 6-mm de-
fect was determined using ImageJ (NIH, Redwood Shores, CA, USA). Global threshold values were 
chosen using visual inspection and were kept constant for all scans. Bone bridging was assessed 
on ex vivo scans with ImageJ. Bone bridging was quantified by measuring the shortest remaining 
gap size between the bones formed at the proximal and distal sides of the 6 mm defects.

Figure 1. Region of interest on micro-cT scanning.
BVi and BVo are defined as bone formed inside and outside the porous space and the medullary canal of the titanium implants. 
Scale bar indicates 1 µm.

2.4 Histological evaluation
Undecalcified histology was performed on two femora per group whose regenerated bone 
volumes (total BV after eleven weeks) were the closest to the means of their respective groups. 
The harvested femora chosen for histology were fixed in a 4 % neutral formalin buffered solu-
tion for 1 week, dehydrated in ascending ethanol series (70-100 %), and embedded in methyl 
methacrylate. Sections in the coronal plane of ~ 20 µm were obtained using a diamond saw 
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(Leica SP1600, Leica Microsystems BV, Son, The Netherlands) and stained with 1 % methylene 
blue (Sigma-Aldrich, Zwijndrecht, The Netherlands) and 0.3 % basic fuchsin solution (Sigma-
Aldrich, Zwijndrecht, The Netherlands) to stain bone pink and fibrous tissue blue. Serial sec-
tions (across the middle) were then evaluated for bone formation and bone-implant contact.

2.5 Biomechanical testing
The biomechanical stability of the grafted femora was assessed using a torsion test conducted 
on the remaining six femora of each group to determine the maximum torque to failure and 
rotation at maximum torque. Both ends of each femur were embedded in a cold-cured epoxy 
resin (Technovit 4071, Heraeus Kulzer, Germany) after removal of the PEEK fixation plate. On 
the upper clamping side, a Cardan joint was used to ensure that the specimens were subjected 
to pure rotation without bending. The lower sides of the specimens were simply fixed. The 
tests were performed until failure with a rotation rate of 0.5°S-1 using an electromechanical 
testing machine (ElectroPuls E10000, Instron, USA). Seven contralateral femora were included 
as controls. After harvesting the femora, soft tissues and PEEK plates were carefully removed. 
The specimens were kept inside an in PBS-drowned napkin at -20 ºC until further processing.

2.6 Statistical analysis
The data are presented as means with standard deviation (SD) unless otherwise mentioned. In 
the analysis of the results of the micro-CT scanning, mixed-model analysis was used to test for 
statistical differences between both groups (i.e. CP-Ti and Ti6Al4V-ELI), with random intercept 
and correction for time (SPSS 22.0 software IBM, Armonk, NY, USA). Differences in gap size 
between both groups were analyzed with using the Student’s t-test. Assumptions of normal 
distribution were tested using a normality test and same variance using the Levene’s test. 
Differences in maximum torque and rotation at maximum torque between both groups and 
control femora were analyzed using one-way analysis of variation (ANOVA) and subsequent 
post-hoc pairwise comparisons with Bonferroni adjustment. A p-value < 0.05 was considered 
statistically significant.

3. Results

All rats were able to tolerate weight-bearing activities immediately after surgery. The implanta-
tion sites healed without complications and all animals remained healthy during the follow-up. 
Animals had an average weight of 406 g (SD = 33) at time of implantation, which increased 
during follow-up with an average of 66 g (SD = 17).
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3.1 Porous titanium implants
Table 1. Properties of CP-Ti and Ti6Al4V-ELI porous titanium implants.

parameter cp-Ti Ti6Al4V-ELI

Strut size 210.3 ± 3.8 µm 210.5 ± 0.2 µm

Pore size 244.5 ± 1.0 µm 243.9 ± 0.4 µm

Porosity 80 % 79 %

Pore volume 56.8 ± 0.3 mm3 56.0 ± 0.2 mm3

Elongation 30 % 14 %

Young’s modulus 103 GPa 114 GPa

Surface area / volume 5.9 ± 0.1 µm2 5.7± 0.0 µm2

Surface composition Oxygen 26.33 %
Titanium 73.67 %

Oxygen 23.11 %
Titanium 69.30 %
Vanadium 2.64 %
Aluminium 4.95 %

Ti6Al4V-ELI implants had an average strut size of 210.5 µm (SD 0.2), an average pore size of 
243.9 µm (SD 0.4 μm), and a porosity of 79 % (Table 1). CP-Ti samples had an average strut size 
of 210.3 µm (SD 3.8), an average pore size of 244.5 µm (SD 1.0 μm), and a porosity of 80%. The 
alkali-acid-heat treatment resulted in a titanium oxide layer with similar composition in terms 
of oxide and titanium with irregular nano-scale features (Table 1 and Figure 2) (45). Macroscopic 
inspection and SEM analyses verified that CP-Ti looked more corroded and rough than the 
Ti6Al4V-ELI (Figure 2). As the elastic bulk mechanical properties were 103 GPa for CP-Ti vs 113 
GPa for Ti6Al4V-ELI, the apparent elastic properties for the two AM porous biomaterials are 
very similar, as was reported earlier (195). Hence the most important difference between the two 
implants is a difference in plastic deformation (ductility) properties.

3.2 Micro-cT analysis
There is a borderline significant difference between the groups (CP-Ti and Ti6Al4V-ELI) over time 
with a mean difference over time of 5.58 (CI -0.15 – 11.3, p=0.055) for BVi, and no significant 
difference for BVo with a mean difference over time of 3.54 (CI -5.18 – 12.3, p=0.399). At eleven 
weeks, CP-Ti showed more bone formation with BVi = 20.4±7.6 mm3 and BVo = 18.0±11.0 mm3 
as compared to Ti6Al4V-ELI with BVi = 14.6±7.2 mm3 and BVo = 12.1± 13.3mm3 (Figure 3). There 
was no statistically significant (p=0.369 BVi, p=0.166 BVo) interaction between the time and 
material type, meaning that the effects are consistent over time.
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Figure 2. SEM images of CP-Ti and Ti6Al4V ELI porous implants.
Macroscopic overview (A&B), and enlarged details (C-F) of the two different porous titanium implants. Image E & F are zoomed 
in pictures of C & D. Scale bars indicates 1 µm

Figure 3. Longitudinal quantification of bone regeneration.
In vivo µCT scans after zero, four, eight and eleven weeks; BVi and BVo: defined as bone formed inside and outside the porous 
space and in the medullary canal of the titanium implants. Values are expressed as mean and SD (n=8 for CP-Ti and n=8 for 
Ti6Al4V-ELI). * indicate (borderline) significant differences between groups.

3.3 ex vivo micro-cT analysis and histology
Micro-CT scans over time visually showed that most bone was formed near the proximal sites 
of the titanium implants (Figure 4). Clear bone growth was also found inside the scaffold as well 
as in the medullary channel and somewhat outside the implants. At eleven weeks, no remodel-
ing to the original bone cortical architecture was observed. In Ti6Al4V-ELI implants, there was 
some bone resorption at the distal ends. Histology confirmed more bone formation in the CP-Ti 
implants as compared to the implants from the Ti6Al4V-ELI group (Figure 5). The remaining 
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gaps in the defects were filled with fibrous tissue. The architecture of the CP-Ti implants looked 
distorted with the implants somewhat broken into smaller pieces (Figure 5A), while the cellular 
structure of the Ti6Al4V-ELI implants remained intact until the endpoint (Figure 5C). None of the 
implants fractured. The bone formed around CP-Ti implants showed bigger lacunes filled with 
osteocytes (Figure 5B), while bone formed around the Ti6Al4V-ELI implants looked more com-
pact (Figure 5D). In both groups, the newly formed bone was in close contact with the implant.

Figure 4. Representative longitudinal micro-CT scans of the femur illustrating the bone regeneration process.
In vivo scans of defects grafted with two different titanium implants (CP-Ti or Ti6Al4V-ELI) after four, eight and eleven weeks. In 
CP-Ti there was more bone formation inside the canal of the titanium implants (red arrows), around (solid arrows) and inside 
(dotted arrows) the titanium implants compared to Ti6Al4V-ELI. Bone formation is mostly growing from the proximal ends. 
Distally from the Ti6Al4V-ELI implants, bone resorption is visualized (asterisk).

Figure 5. Histological evaluation of bone bridging.
Representative transversal sections of femur defects eleven weeks after implantation of porous titanium implants; CP-Ti (A) 
and Ti6Al4V-ELI (C), including detailed view for (B) CP-Ti and Ti6Al4V-ELI (D). Sections are stained with basic fuchsine and 
methylene blue. Basic fuchsine stains bone pink, methylene blue stains fibrous tissue blue. B = bone, BM = bone marrow, F = 
fibrous tissue, T = titanium.
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Complete bone bridging was observed in only in two of the defects treated with CP-Ti 
implants (Figure 6A). The average remaining gap size was slightly lower (not significant) in CP-Ti 
implants (0.91 ± 1.70 mm) as compared to the Ti6Al4V-ELI implants (1.28 ± 1.34 mm) (Figure 
7, p=0.555).

Figure 6. Bone bridging and mechanical strength.
The remaining gap size after eleven weeks was used to indicate bridging success (A). Mechanical femoral strength (B) and 
rotation (C) after implantation of different types of porous titanium implants measured by torsion tests. * indicate significant 
differences between groups.

Figure 7. Illustration of bone bridging.
Representative 3D micro-CT images showing the average extend of bone bridging of the CP-Ti and the Ti6Al4V-ELI titanium 
implants.

3.4 Biomechanical testing
Only two Ti6Al4V-ELI samples could be biomechanically tested, as three others were fractured 
during the embedding process, indicating that they were very weak. The two samples with 
Ti6Al4V-ELI had an average maximum torque of 141 ± 175 N/mm, whereas the 5 samples with 
CP-Ti were within a narrower range of 100 ± 80 N/mm. These values were considerably lower 
than the average maximum torque measured for the intact control femora (442 ± 219 N/mm), 
with a significant difference between CP-Ti grafted femora and the intact femora (Figure 6B, p 
= 0.036). This was corroborated by the rotation data that showed a significantly higher rotation 
at the maximum torque for the CP-Ti group (34.4 ± 18.3 degrees) as compared to the intact 
femora (18.9 ± 6.8 degrees) (Figure 6C, p=0.0096).
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4. Discussion

The results of the current study show that the material type in general and the inelastic me-
chanical properties of AM porous biomaterials in particular play an important role in determin-
ing their bone tissue regeneration performance. The results also support the hypothesis of the 
study by demonstrating that the more ductile CP-Ti exhibit improved bone tissue regeneration 
performance over T6Al4V-ELI implants, even though the elastic mechanical properties and 
topological designs of both types of implants are almost identical.

Both types of titanium implants were osteoconductive and showed no ectopic bone for-
mation. CP-Ti is, however, less strong and exhibited some levels of distortion. This effect is, 
however, expected to disappear, as bone regeneration into the porous structure continues, 
particularly given the fact that bone tissue regeneration into implants could increase both the 
yield and fatigue strengths (by up to 7 times) (204).

In addition to more bone formation in the CP-Ti implants, CP-Ti implants also have other 
advantages over the Ti6Al4V-ELI implants. First, CP-Ti has no possibly hazardous or toxic alloy-
ing components such as V or Al (205). Second, the high ductility that gives CP-Ti its relatively large 
plastic deformation could be suitable for certain applications such as intra-operative deforma-
tions used to match the patient-specific anatomy.

The elastic mechanical properties of both types of implants are in the range of those report-
ed for the human cancellous bone and could therefore increase stresses of the ingrowing bone 
and minimize the stress-shielding phenomenon. The better bone formation of CP-Ti compared 
to Ti6Al4V-ELI could not only be explained by its better biocompatibility but also by the higher 
ductile properties of CP-Ti. This more ductile behavior leads to large (plastic) deformations at 
highly stressed locations and thus damping these peak stresses and creating a more uniform 
stress distribution. The consequence of this might be a better mechanical stimulus for bone 
tissue regeneration within the scaffold of CP-Ti, as mechanical strain is considered to be one of 
the major factors determining the osteogenic behavior (206-209).

Another advantage of higher ductility is that localized stresses will lead to local deformation 
and not local failures. It has been recently shown that AM porous biomaterials experience 
local stress concentrations that originate from manufacturing imperfections (210). Such stress 
concentrations lead to large (inelastic) deformations in more ductile materials such as CP-Ti, 
which would mean higher stimulus for bone tissue regeneration. In contrast, stress concentra-
tion because of local failures in more brittle materials such as Ti6Al4V-ELI is not helpful in terms 
of stimulating bone regeneration.

The mechanical strength of CP-Ti is, nevertheless, lower than that of Ti6Al4V-ELI. In dental 
implants, there have been reports of fractures of implants made from CP-Ti, although only in 
less than 1 % of the cases (211-214). These aspects should be taken into account when designing 
orthopedic implants based on CP-Ti (215).
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Both CP-Ti and Ti6Al4V-ELI implants are bio-inert and do not degrade over time. They could 
therefore introduce a long-term risk of infection. The large surface area of such AM porous 
biomaterials could, however, be bio-functionalized using antibacterial coatings to prevent 
implant-associated infections (216-218).

Given the importance of topological design in adjusting the elastic mechanical properties 
of cellular structures (200), most of current research is focused on optimizing the porous bioma-
terials. We show here for the first time that the inelastic mechanical properties of AM porous 
biomaterials could be also important for improving the bone tissue regeneration performance. 
This observation could open new avenues for research into bone substitutes based on CP-Ti.

We conclude that porous CP-Ti has better bone tissue regeneration properties than Ti6Al4V-
ELI, suggesting a revival of CP-Ti implants in particular for situations where implant strength is 
less crucial. The higher plastic deformation of CP-Ti can be used as an advantage for better 
bone regeneration into the porous structure, but also for creating a better fit of the porous 
(deformable) implant with the shape of the bone.
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aBSTRacT

Regeneration of load-bearing segmental bone defects is a major challenge in trauma and 
orthopaedic surgery. The ideal bone graft substitute is a biomaterial that provides immediate 
mechanical stability, while stimulating bone regeneration to completely bridge defects over a 
short period of time. Therefore, selective laser melted porous titanium, designed and fine-tuned 
to tolerate full load-bearing, was filled with a physiologically concentrated fibrin gel loaded 
with bone morphogenetic protein-2 (BMP-2). This biomaterial was used to graft critical-sized 
segmental femoral bone defects in rats. As a control, porous titanium implants were either left 
empty or filled with a fibrin gels without BMP-2. We evaluated bone regeneration, bone quality 
and mechanical strength of grafted femurs using in vivo and ex vivo µCT scanning, histology, 
and torsion testing. This biomaterial completely regenerated and bridged the critical-sized 
bone defects within eight weeks. After twelve weeks, femurs were anatomically re-shaped and 
revealed open medullary cavities. More importantly, new bone was formed throughout the 
entire porous titanium implants and grafted femurs regained more than their innate mechani-
cal stability: torsional strength exceeded twice their original strength. In conclusion, combining 
porous titanium implants with a physiologically concentrated fibrin gels loaded with BMP-2 
improved bone regeneration in load-bearing segmental defects. This material combination now 
awaits its evaluation in larger animal models to show its suitability for grafting load-bearing 
defects in trauma and orthopaedic surgery.
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INTRODUcTION

A major challenge in trauma and orthopaedic surgery is to successfully repair load-bearing 
segmental bone defects (86). This often requires the use of bone grafts or bone graft substitutes 
to improve bone regeneration by providing an osteoconductive matrix, offering mechanical 
support, or an osteoinductive and/or osteogenic stimulus (18). The golden standard bone graft 
is still autologous bone (219), but the amount of bone that can be harvested is limited and as-
sociated with complications in 10-40 % (87). These disadvantages motivate the development of 
biomaterials that can be used as bone graft substitutes (220).

A biomaterial that has the potential to become a bone graft substitute is porous titanium 
(221-223). Nowadays, porous titanium can be manufactured using additive manufacturing tech-
niques such as selective laser melting (SLM) (40). This enables the design of porous titanium 
so that its structure and mechanical strength remains suitable to function as a load-bearing 
osteoconductive matrix in segmental bone defects (44). Osseointegration of titanium is opti-
mized through relatively simple chemical and heat treatments that alter the surface chemistry 
and (nano-) topography (224). Thereby the bioinert titanium surface changes into a bioactive 
surface that allows spontaneous apatite formation and stimulates proliferation and osteogenic 
differentiation of osteoprogenitor cells (45). This surface-treated porous titanium forms a load-
bearing osteoconductive matrix, but stimulating bone regeneration and adequate bridging of 
segmental bone defects may be further improved by addition of effective biological stimuli (i.e. 
osteoinductive cytokines) (44, 225).

Bone morphogenetic proteins (BMPs) such as BMP-2 and BMP-7 play a major role in bone 
regeneration as osteoinductive cytokines (6). Their osteoinductive effects have been established 
in a wide range of species, varying from mice and rats to humans (226). BMP-2 and BMP-7 have 
received FDA approval for use in trauma and orthopaedic surgery (227), but their clinical success 
is limited (228). This might be because a supra-physiological dosage of BMP needs to be loaded 
onto an absorbable collagen sponge to reach an effect (53). This high dose has been associated 
with adverse effects including bone tissue overgrowth, ectopic bone formation, inflammation, 
and even carcinogenicity (229, 230). To overcome this, numerous slow-release systems have been 
developed. Interestingly, these slow-release systems, allowing for controlled release of BMP-2 
during several weeks, do not resemble the natural bone regeneration process in which BMP-2 
is mainly released during the first few days (231, 232).

Bone regeneration starts with the formation of a fibrin clot, often referred to as the fracture 
haematoma. This fibrin clot forms the natural binding reservoir for osteoinductive cytokines 
such as BMP-2 (231, 233) and is formed through conversion of fibrinogen by thrombin. Fibrinogen 
is synthesized in its high molecular weight form, but occurs as a mixture together with partially 
degraded low molecular weight forms in circulation (234). Fibrin gels, made from physiological 
fibrinogen concentrations (2-4 mg/L), are highly permeable to cells (234). But at these physi-
ological concentrations, fibrin gels are soft and therefore not suitable for most clinical applica-
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tions. As a consequence, commercially available fibrin sealants contain very high fibrinogen 
concentrations (50-100 mg/L) (58) at the cost of seriously compromising the favorable cellular 
permeability of these gels. When incorporated into porous titanium, the use of physiologically 
concentrated fibrin gels becomes feasible as the metal frame ensures mechanical support, 
then. The surface-treated porous titanium implants may even improve the network organiza-
tion of fibrin fibers (235).

The aim of the current study was to develop a biomaterial capable of improving bone 
regeneration of segmental bone defects: osteoconductive load-bearing porous titanium filled 
with physiologically concentrated fibrin gels releasing BMP-2. For this novel combination, the 
BMP-2 releasing fibrin gel was prepared from purified high molecular weight (HMW) fibrinogen, 
since HMW fibrinogen increases angiogenesis in vitro and in vivo (234). To determine whether the 
angiogenic HMW fibrin gel alone is capable of increasing bone regeneration, porous titanium 
implants were also filled with HMW fibrin gels without BMP-2 and compared to unfraction-
ated (UNF) fibrin gels. Porous titanium implants incorporated with the three above described 
fibrin gels were compared to empty porous titanium implants in a critical-sized load-bearing 
segmental femur defect in rats using in vivo (4, 8, and 12 weeks) and ex vivo (after 12 weeks) 
µCT scans, histology, and biomechanical torsion tests.

MaTERIaLS aND METhODS

Porous titanium implants
Porous titanium implants were produced from Ti6Al4V ELI powder (ASTM B348, grade 23) using 
selective laser melting (SLM, Layerwise N.V., Leuven, Belgium). The implants were a copy of 
the replaced femoral bone segment and had a height of 6 mm, a maximum outer diameter 
of 5 mm and a minimal inner diameter of 1.3 mm (leaving an open medullary canal). The 
porous architecture was based on a dodecahedron unit cell with a strut width of 120 µm and 
an average pore size of 500 µm to result in 55 mm3 porous volume. All implants underwent a 
post-production alkali-acid-heat treatment consisting of (1) immersion in a 5 M aqueous NaOH 
solution at 60 °C for 24 h; (2) immersion in water at 40 °C for 24 h; (3) immersion in 0.5 mM HCl 
at 40 °C for 24 h; (4) heating to 600 °C at a rate of 5 °C/min in an electric furnace at ambient 
air pressure, keeping the temperature at 600 °C for 1 h, and subsequent natural cooling (45). 
Reproducibility of porous implant architecture (e.g., pore size, titanium strut thickness and 
porosity) was verified by µCT (SkyScan 1076; Bruker micro-CT N.V., Kontich, Belgium).

Fibrin gel preparation
Fibrin gel preparation was done exactly the same as previously described (234, 236). Briefly, plas-
minogen-rich unfractionated human fibrinogen (Chromogenix, Mölndal, Sweden) was dissolved 
in Tris buffer (10 mM Tris/HCl, pH 7.4) to a concentration of 5 mg/mL. Saturated (NH4)2SO4 was 
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slowly added to a final concentration of 19 % (v/v) and the solution was mixed for 30 minutes 
at room temperature prior to centrifugation for 10 minutes at 2,000 x g. Repetition of this 
precipitation step resulted in a HMW fibrinogen pellet (~99 % purity), which were dissolved 
in 5 mL of saline and then dialyzed against M199 culture medium, as was the UNF fibrinogen. 
Purity was determined using standard non-reducing sodium dodecylsulfate polyacrylamide gel 
electrophoresis and concentrations were calculated using the molar extinction coefficient of 
fibrinogen (E1 % 280 nm for fibrinogen is 15.8). The preparations were stored in single-use 
aliquots at -80 ºC until further use.

In a custom-made mold, the porous titanium implants were filled with 55 µL of either HMW 
fibrinogen (2 mg/mL, HMW-Fb) or UNF fibrinogen (2 mg/mL, UNF-Fb) which were clotted with 
0.5 IU/mL of thrombin (Global Siemens Healthcare, Erlangen, Germany) dissolved in a 4.5 
mM calcium chloride buffer (Baxter, Utrecht, Netherlands) in a 8.5:1 ratio. HMW fibrin gels 
with BMP-2 (HWM-BMP-Fb) were made by adding 3 μg BMP-2 (Shanghai Rebone Biomaterials 
Co., China) in 1 mM saline solution to the HWM fibrinogen solution before clotting. Prior to 
implantation, after clotting the fibrin-filled implants were wrapped in Parafilm® and incubated 
for 15-18 h at 6 °C to allow completion of crosslinking of the fibrin networks.

scanning electron microscopy (seM)
To determine filling efficacy and to characterize the structure of the fibrin networks polymerized 
from HMW and UNF fibrinogen, SEM was used as follows: implants were filled with fibrin gels 
and fixed in 3 % glutaraldehyde for 24 h and rinsed with sodium phosphate buffer (0.1 M, pH 
7.2-7.4; Merck). Samples were then consecutively dehydrated in ascending alcohol concentra-
tions (30 %, 50 %, 70 %, 90 % v/v) with three final incubations in 100 % ethanol for 10 minutes 
each. Probes were critical-point-dried in liquid CO2 and then sputtered with a 30 nm gold layer. 
Samples were analyzed in FEI/Philips XL 30 FEG ESEM (Philips) in a high vacuum environment.

load-bearing segmental bone defects
Critical-sized segmental bone defects were made in the femurs of 40 male 16-weeks-old Wistar 
rats (446 ± 32 g). Rats were divided into four experimental groups receiving porous titanium 
implants filled with HMW-BMP-Fb, HMW-Fb, UNF-Fb or were left empty (empty). The Animal 
Ethics Committee of the Erasmus University approved the study and Dutch guidelines for care 
and use of laboratory animals were followed. Before surgery, rats received subcutaneous injec-
tions of antibiotics (enrofloxacin, 5 mg/kg body weight) and pain medication (buprenorphine, 
0.05 mg/kg body weight). Surgery was performed aseptically under general anaesthesia (1–3.5 
% isoflurane). The right femur was exposed through a lateral skin incision and separation of 
underlying fascia. Using three proximal and three distal screws, a 23 x 3 x 2 mm polyether ether 
ketone (PEEK) plate was fixed to the femur anterolateral plane (RISystem, Davos Platz, Switzer-
land). Periosteum was removed over 8 mm of the mid-diaphyseal region before a 6 mm cortical 
bone segment was removed with a wire saw and a tailor-made saw guide. Subsequently, a 
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porous titanium implant was implanted press-fit into the defect. Finally, fascia and skin were 
sutured. Subcutaneous injection of pain medication (buprenorphine, 0.05 mg/kg body weight) 
was given twice a day for the following three days. Rats were sacrificed after twelve weeks with 
an overdose of pentobarbital (200 mg/kg body weight).

µCt evaluation
Bone regeneration was measured by in vivo µCT scans (SkyScan 1076; Bruker micro-CT N.V., 
Kontich, Belgium) at four, eight, and twelve weeks and by ex vivo µCT scans on isolated grafted 
femurs at the end of the experiment. Rats were kept under general anaesthesia (1-3.5 % isoflu-
rane) during in vivo µCT scans at 35 µm resolution (95 kV, 105 µA current, 1.0 mm Al/0.25 mm 
Cu filter, and 0.75 degree rotation step, 14 minutes scan). ex vivo µCT scans were acquired at 
18 µm resolution (95 kV, 100 µA current, 1.0 mm Al/0.25 mm Cu filter, and 0.5 degree rotation 
step). µCT scan images were reconstructed using volumetric reconstruction software NRecon 
version 1.6.6 (Bruker micro-CT N.V., Kontich, Belgium).

Bone regeneration was expressed as bone volume (BV), which was measured at four spe-
cific regions: 1) total BV: the total volume of bone formed within the 6 mm defect; 2) porous 
BV: the bone formed inside the porous space of the titanium implants; 3) outer BV: the bone 
formed outside the porous titanium implants; and 4) inner BV: the bone formed in the medul-
lary canal of the implants. BV values were measured using CTAnalyser version 1.13 (Bruker 
micro-CT N.V., Kontich, Belgium). First the specific region was selected, then the titanium and 
its border artefacts was excluded from images using a global threshold with a value between 
titanium and bone and removal of an extra 35 µm border (size of one pixel) surrounding the 
titanium. Subsequently the bone was extracted by using a second global threshold that dif-
ferentiated between bone and soft tissue. The global threshold values were chosen on visual 
inspection and were kept constant for all scans. Bone bridging was assessed on ex vivo scans 
with DataViewer 1.4 (Bruker micro-CT N.V., Kontich, Belgium). Complete bone bridging was 
defined as bridging of three or more cortices, which was determined by visual inspection. Bone 
bridging was quantified by measuring the shortest remaining gap size between bone formed at 
the proximal and distal size of the 6 mm bone defect.

Histological evaluation
Histology was performed on two femurs per group that represented the mean of the whole 
group. To select these two femurs, all ten grafted femurs were sorted according to their total BV 
after twelve weeks and the two femurs closest to the averaged value were chosen. Harvested 
femurs were fixed in 10 % neutral buffered formalin solution for two days, dehydrated in as-
cending alcohol concentrations (70 to 100 % v/v), and finally embedded in methyl methacrylate 
(MMA). Sections of ~20 µm were obtained using a diamond saw (Leica SP1600, Rijswijk, The 
Netherlands) and stained with basic fuchsine 0.3 % (w/v) solution and methylene blue 1 % 
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(w/v) solution to stain bone red and fibrous tissue blue, respectively. Serial sections were then 
screened for bone formation, bone-implant contact and bone bridging.

biomechanical tests
Mechanical strengths of grafted femurs were measured by a torsion test conducted on the 
remaining eight femurs of each group. Three contralateral femurs, serving as a reference of 
intact femurs, were included as controls. After harvesting the femurs, soft tissues and PEEK 
plate were carefully removed. Specimens were kept in 10 % neutral buffered formalin solu-
tion for two days, minimizing the effects of formalin conservation on mechanical properties 
(237), and then transferred to PBS. Subsequently, both ends of each femur were embedded in 
a cold-cured epoxy resin (Technovit 4071, Heraeus Kulzer, Germany). On the upper clamping 
side, a Cardan joint was used to ensure pure rotation without bending. The lower sides were 
simply fixed. Tests were performed until failure with a rotation rate of 0.5° s-1 using a static 
mechanical testing machine that could apply a maximum torque of 450 N.mm (Zwick GmbH, 
Ulm, Germany). Torsional strength (maximum torque to failure, N.mm) was determined.

statistics
Statistical analyses were performed using SPSS Statistics 20.0 (SPSS, Inc.). Data are presented 
as means with standard deviations. One-way analysis of variation (ANOVA) and subsequent 
post hoc pairwise comparisons with Bonferroni adjustment were used to test for differences 
between the four groups. A power calculation (β-value > 0.80, SD ~25 %) was made to find a 
true difference in total BV of at least 35 %. Based on this calculation, n = 10 was required. A 
p-value < 0.05 was considered statistically significant.

RESULTS

Porous titanium implants incorporated with fibrin gels
Porous titanium implants were produced using SLM in the anatomical shape of the surgically 
removed cortical bone segment (Figure 1A). The implants had a porosity of 85 % and a pore 
size ranging from 460 – 670 µm (Table 1). The alkali-acid-heat treatment resulted in a titanium 
oxide layer with an irregular nano-scale features (Table 1). Macroscopic inspection and SEM 
analyses verified that the pores of the titanium implants were completely filled with fibrin gel 
(Figure 1A-B). The protein fibers of both fibrin gels attached intimately to the surface-treated 
titanium (Figure 1C). In addition, SEM showed clear differences between HMW-Fb and UNF-Fb 
gels with respect to their nanofiber structures: as compared to the fiber network formed by 
unfractionated fibrinogen, resulting in a much denser structures with smaller average pore 
diameters and thinner fibers (Figure 1D), polymerization of high molecular weight fibrinogen 
appeared to form a more open network with relatively thicker fibers (Figure 1E).
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Table 1. Properties of porous titanium implants (45).

Titanium implant

Titanium thickness 165 ± 43 µm

Pore size 577 ± 146 µm
(range 460 – 670 µm)

Porosity 85 %

Pore volume 55 mm3

Compression strength 14 MPa

Young’s modulus 0.4 GPa

Surface area / volume 0.034 µm2

Surface composition Oxygen 35 %
Titanium 60 %
Vanadium 2 %
Aluminium 3 %

Surface topography
(SEM)

load-bearing segmental bone defects
All rats were able to tolerate weight-bearing activities immediately after surgery; the implanta-
tion sites healed without complications and all animals remained healthy during the follow-up.

2.1 µCt evaluation
Porous titanium implants with HMW-BMP-Fb gels effectively stimulated bone regeneration 
(Figure 2). Within four weeks, bone regeneration had occurred throughout the entire length of 
the porous titanium implants and after eight weeks bridging of the defect was complete. Only 
minimal bone regeneration was observed in those defects grafted with HMW-Fb containing 
porous titanium implants and consequently failed to bridge (Figure 2). The load-bearing seg-
mental defects grafted with HMW-BMP-Fb containing porous titanium implants fully restored 
the original bone architecture after twelve weeks (Figure 2 and 3). Incorporation of HMW-Fb or 
UNF-Fb did not seem to outperform the empty porous titanium implants (Figure 3).
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Quantitative analysis of regenerated bone, based on in vivo µCT scans, showed that the 
total BVs of the HMW-BMP-Fb group increased at each time point and reached an average of 
65.1±14.9 mm3 after twelve weeks (Figure 4A). This was significantly higher than all the three 
control groups. Neither the total BV of the HMW-Fb (37.7±26.4 mm3) group nor that of the 
UNF-Fb (32.1±13.4 mm3) group was significantly different from the total BV of the empty group 
(33.7±16.8 mm3) (Figure 4A). Also the porous BV and outer BV of the HMW-BMP-Fb group were 
significantly higher than that of all three control groups (Figure 4B-C). After twelve weeks, 51±8 
% of the available pore space of the titanium implants with HMW-BMP-Fb gels was filled with 
regenerated bone, twice as much as in the HMW-Fb (24±18 %) and UNF-Fb (21±5 %) group, 
respectively. The inner BV of the HMW-BMP-Fb group (3.9±1.6 mm3) significantly increased as 
compared to the control groups after four weeks. Contrary to the HMW-Fb and UNF-Fb groups, 
the inner BV of the HMW-BMP-Fb decreased over time (3.1±1.3 mm3 at 8 weeks and 2.6±1.3 
mm3 at 12 weeks) and even became significantly less than in the inner BV of the HMW-Fb group 
(Figure 4D).

Figure 1: SEM images of fibrin loaded porous titanium implants.
Macroscopic overview, and enlarged details, of a fully fibrin-filled implant (a, b). The fibrin fibers are tightly bound to the 
implant surface (c). The fiber network resulting from unfractionated fibrinogen is rather dense with thin fibers (d). The fibrin 
network from HMW fibrinogen reveals an opener, better permeable, structure with slightly thicker fibers (e).
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Figure 2: Representative longitudinal µCT scans illustrating the bone regeneration process.
In vivo scans of defects grafted with porous titanium implants incorporated with high molecular weight fibrin with BMP-2 
(HMW-BMP-Fb group) and high molecular weight without BMP-2 (HMW-Fb group) after four (A1-2), eight (B1-2) and twelve 
weeks (C1-2) as well as ex vivo after twelve weeks (D1-2). In the HMW-BMP-Fb group rapid bone regeneration throughout 
the complete length of the defect is observed already after four weeks (A1, arrows). Between eight and twelve weeks, the 
cortex and medullary canal (indicated by ‘m’) are restored in their original shape (B1, C1, and D1). In the HMW-Fb group, bone 
regeneration is only observed at the proximal and distal side of the porous implants (A2, arrows); this bone is predominantly 
situated in the medullary canal and insufficiently bridging the defect (D2). Distally from the titanium implants, bone resorption 
is observed between eight and twelve weeks (asterisk). Bar indicates 1 mm.

Figure 3: Representative transversal ex vivo µCT images of grafted segmental femur defects.
Titanium implants and fixation screws appear in black, whereas bone appears in dark grey. In the empty (A), UNF-Fb (B) and 
HMW-Fb (C) groups; bone regeneration is predominantly seen at the proximal and distal third of the porous titanium implants. 
Some new bone has formed inside the porous implants, but most of the newly formed bone is seen in the medullary canal. In 
the HMW-BMP-Fb group (d), bone regeneration extended throughout the entire porous titanium implants, bridging the defect. 
Bone formed inside the porous implant, and no bone has been formed inside the medullary canal. Black bar indicates 1 mm.
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Bone bridging, determined on ex vivo µCT scans at twelve weeks, was only seen in the 
cortical defects grafted with porous titanium implants filled with HMW-BMP-Fb gels (Figure 
5). Seven defects were completely bridged, and the average remaining gap size in the three 
defects that were not bridged was 0.8±0.1 mm (Figure 6A). The remaining gap size in the other 
three experimental groups was 1.8±1.6 mm (HMW-Fb group), 1.9±0.9 mm (UNF-Fb group) and 
1.8±1.4 mm (empty group), respectively.

Histological evaluation
Bone quality, assessed using light microscopy, showed that in the HMW-BMP-Fb group bone 
was formed almost exclusively at the site of the original cortex and an intimate contact be-
tween the regenerated bone and the titanium implant was found throughout the entire length 
of the defect (Figure 7D vs. A-C). In the HMW-Fb (Figure 7C), UNF-Fb (Figure 7B) and empty 
groups (Figure 7A), bone formation occurred predominantly at the distal and proximal sites 
of the titanium implants that were close to the adjacent cortical bone. This bone formation 
never extended throughout the entire length of the porous implant. The remaining gaps in the 
defects were rather filled with amorphous fibrous tissue (Figure 7A, B, and C). Strikingly, in the 
HMW-BMP-Fb group an open medullary cavity was observed after twelve weeks (Figure 7D), 
whereas in all control groups bone formation was blocking the medullary cavity (Figure 7A-C).

biomechanical evaluation
Femurs of the HMW-BMP-Fb group reached a significantly higher maximum torque than the 
three control groups (Figure 6B). The specimens were more than twice as strong as control 
femurs (248 %) and six femurs of this HMW-BMP-Fb group were able to resist the maximum 
torque (450 N.mm) without breaking. Femurs of the HMW-Fb group did not differ in maximum 
torque from the femurs of the UNF-Fb or empty group. The average maximum torques were 60 
% (HMW-Fb group, 86±29 N.mm), 51 % (UNF-Fb group, 75±20 N.mm), and 53 % (empty group, 
77±53 N.mm), respectively, of the average maximum torque measured for control femurs 
(146±19 N.mm) (Figure 6B).
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Figure 4: Longitudinal quanti fi cati on of bone regenerati on.
in vivo µCT scans aft er four, eight and twelve weeks; total BV (A); defi ned as all bone formed within the 6 mm defect. Outer 
BV (B), defi ned as bone formed outside the ti tanium implants. Porous BV (C), defi ned as bone formed inside the porous space 
of the ti tanium implants. Inner BV (D), defi ned as bone formed in the medullary canal of the ti tanium implants. Values are 
expressed as mean and SD (n = 10 per group), and a one-way ANOVA test followed by a post-hoc Bonferroni correcti on was 
performed to test for stati sti cal signifi cant diff erence at each ti me point. A p-value < 0.05 was considered as stati sti cally signifi -
cant, verti cal bars indicate the signifi cant diff erences found between the groups.

Figure 5: Illustrati on of bone bridging.
Representati ve 3D µCT images showing the average extend of bone bridging of the empty (A), UNF-Fb (B), HMW-Fb (C), as 
well as the HMW-BMP-Fb (D) group. Porous ti tanium implants appear in transparent grey, whereas bone appears in yellow/
dark grey.
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DIScUSSION

An ideal biomaterial that can be used as a bone graft substitute should be able to fully re-
generate and bridge load-bearing segmental bone defects within a short period of time (220). 
Our combination of surface-treated porous titanium with BMP-2 containing physiologically 
concentrated fibrin gels fully regenerated segmental bone defects in rat femurs (Figure 2 and 
5) and fully recovered their mechanical strength (Figure 6). Moreover, combining osteocon-
ductive titanium with an osteoinductive BMP-2 releasing fibrin gel resulted in “guided” bone 
regeneration; i.e. new bone was formed throughout the porous titanium implants (Figure 2) to 
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Fig. 6. Bone bridging and mechanical 
strength. The remaining gap size after twelve 
weeks was used to indicate bridging success 
(a). Mechanical femoral strength after 
implantation of porous titanium implants 
measured by torsion testing (b). As a positive 
control, three control femora were included 
to provide a reference of a normal strength 
of femora during torsion testing (b, control). 
Values are expressed as mean and SD, and 
a one-way ANOVA test followed by a post-
hoc Bonferroni correction was performed 
to test for statistical significant differences 
at each time point; p < 0.05 was considered 
as statistically significant, horizontal bars 
indicate significant differences between 
groups.

Fig. 7. Histological evaluation of bone bridging. Representative transversal sections of femur defects twelve weeks 
after implantation of porous titanium implants; empty (a), or incorporated with UNF-Fb (b), HMW-Fb (c) or HMW-
BMP-Fb gels (d). Magnification reveals re-colonisation of the medulla with small round-shaped cells of a typical 
bone marrow stroma appearance. Sections are stained with basic fuchsin and methylene blue. Basic fuchsin stains 
bone purple, methylene blue stains fibrous tissue blue. Black bar indicates 1 mm.
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Figure 6: Bone bridging and mechanical strength.
The remaining gap size after twelve weeks was used to indicate bridging success (A). Mechanical femoral strength after implan-
tation of porous titanium implants measured by torsion testing (B). As a positive control, three control femurs were included 
to provide a reference of a normal strength of femurs during torsion testing (B, control). Values are expressed as mean and 
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Figure 7: Histological evaluation of bone bridging.
Representative transversal sections of femur defects twelve weeks after implantation of porous titanium implants; empty (A), 
or incorporated with UNF-Fb (B), HMW-Fb (C) or HMW-BMP-Fb gels (D). Sections are stained with basic fuchsine and methy-
lene blue. Basic fuchsine stains bone purple, methylene blue stains fibrous tissue blue. Black bar indicates 1 mm.
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specifically restore the cortex to its native anatomical shape and well as the medullary canal 
(Figure 3 and 7D).

Biomaterials used for load-bearing segmental defects should offer sufficient support to 
withstand mechanical loading (18). A material with such mechanical properties is titanium, and 
solid titanium implants have been very successfully used in trauma and orthopaedic surgery 
over the past decades (238). However, the notable biomechanical mismatch between solid ti-
tanium implants and surrounding bone frequently leads to stress-shielding, subsequent bone 
resorption and implant loosening (239). This limitation can be overcome by using mechanically 
optimized porous titanium implants (240, 241), the development of which greatly benefited from 
the introduction of additive manufacturing techniques. Techniques such as selective laser melt-
ing (SLM) (40, 242, 243), electron beam melting (EBM) (244-246) or similar additive manufacturing tech-
niques (247, 248) allow for a personalized, anatomical implant design and control of its structural 
and mechanical properties alike. Our SLM-based, femur-shaped implants possessed mechani-
cal properties within the physiological range of the host bone, while its fully interconnected 
porous structure is considered to be within the range required for osteoconduction (Table 1) 
(44). Furthermore, the fatigue properties of the porous implants indicate that the biomechanical 
support is temporary (249). The implants were therefore capable of offering sufficient mechanical 
support in vivo, while stimulating bone regeneration through osteoconduction in the segmental 
bone defects (44, 103).

In addition to mechanical support, biomaterials should also offer a surface that facilities 
osseointegration, i.e. intimate apposition of bone matrix onto the implant surface (250). The 
bone-implant interface of most metallic biomaterials including titanium usually consists of an 
interfacial fibrous-like layer (also called laminae limitantes) (250). The formation of this fibrous-
like layer can be avoided by relatively simple treatments that have been shown to improve 
osseointegration of solid titanium implants (251). We optimized the treatment of the porous 
titanium implants used in this study (45), to not only improve apatite formation and cellular at-
tachment, but also cell proliferation and osteogenic differentiation of osteoprogenitor cells (45).

Bone graft substitutes should also be able to induce bone regeneration, which can be 
induced by a variety of bone morphogenetic proteins (BMPs), including BMP-2 and BMP-7 (252). 
BMP-2 is mainly released during the first few days of the natural bone regeneration process, 
and BMP-7 plays a more important role during the later phase (231). Both BMP-2 and BMP-7 
received FDA-approval (53), but their use in humans is currently heavily debated (54). Although 
the osteoinductive effect of BMP-2 has been demonstrated in a wide variety of species (includ-
ing rats, rabbits, dogs, sheep and non-human primates) (253), it is often argued that one must be 
cautious in assuming that stromal cells from other species may serve as models for inducible 
osteogenesis in human marrow stromal cells (254). BMP-induced side effects, including cyst-like 
bone formation and soft tissue swelling, are likely caused by supra-physiological dosages used 
in humans (54) and these adverse effects were recently reproduced in a similar in vivo model as 
used in this study with BMP-2 concentrations that exceeded 20 µg per defect (255, 256). In con-
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trast, a dose between 2.5 and 10 µg was found to be safe and effective for various other BMP 
release systems including alginate-based (257), poly-L-lactic acid (PLLA)-based (258) or silk-based 
(259) scaffolds. Based on these results we used 3 µg BMP-2 per implant. Furthermore, Schmoekel 
et al. demonstrated that with less soluble nonglycosylated BMP-2, the required cytokine dose 
could even be further reduced (177).

Surface-treated porous titanium was loaded with BMP-2 through incorporation in physi-
ologically concentrated fibrin gels. This is different from fibrin gels that have been used in 
trauma and orthopaedic surgery as “fibrin glue”, as these sealants are made of highly supra-
physiological fibrinogen concentrations (58). This supra-physiological concentration (50-100 
mg/L) ensures quick and effective clotting, and is therefore primarily used as a haemostatic 
agent. Supra-physiological fibrinogen concentrations were also used to deliver BMP-2 in several 
bone defect models (176, 177, 189, 260-267). Schützenberger et al. showed that fibrin gels outperformed 
the currently clinically used absorbable collagen sponges as BMP-release properties of fibrin, in 
contrast to those of collagen, allow to use 85 % less cytokine without compromising the regen-
erative success (268). However, the high fibrinogen concentration of these supra-physiologically 
concentrated fibrin glues have a limiting effect on cell mobility and ingrowth (269, 270). in vivo, 
fibrin constitutes only 0.25 % of the volume of a blood clot (271), which was mimicked in the 
current study by preparing fibrin gels of physiological concentrations (2-4 mg/L). It is tempting 
to speculate that at these concentrations, fibrin fibers form a more open network that more 
effectively promoted cell migration and cell ingrowth (272). This open network structure and 
fibrin fiber adherence was perfectly supported by the surface-treated porous titanium (Fig. 1c). 
This temporary fibrin network is not expected to remain intact in vivo for more than a few days 
(266), but the results obtained in this study suggest that this is sufficient to adequately induce 
bone regeneration. Our approach mimics physiological fracture healing, during which BMP-2 
is entrapped in the spontaneously formed fracture haematoma to induce differentiation of 
mesenchymal stem cells into osteoblasts (273). These osteoblast subsequently start to produce 
more BMP-2 and other important osteogenic cytokines to reach a maximum activity after 4-7 
days (274).

Physiologically concentrated fibrin gels prepared from HMW fibrinogen were expected to 
improve bone regeneration, as compared to gels prepared from UNF fibrinogen, because HMW 
fibrinogen has been shown to promote angiogenesis in vitro and in vivo in our earlier studies 
(234). UNF fibrin gels contain 30 % low molecular weight fibrinogen and, compared to 100 % HMW 
fibrinogen, contamination with more than 10 % of LMW fibrinogen gradually decreased the 
formation of tube-like structure in vitro in a dose-depend manner (234). However, implants with 
HMW-Fb gels alone did not enhance bone regeneration and performed similar to implants with 
UNF-Fb gels or empty porous titanium implants (Figure 2 and 5). BMP-2 release from the fibrin 
gel is apparently providing the only osteoinductive stimulus, while HMW-Fb may still improve 
cell migration and angiogenesis. Whether using HMW-Fb to release BMP-2 is indeed better than 
using UNF-Fb because it improves cell migration or angiogenesis cannot be answered here and 
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is a limitati on of our study. But HMW-fi brin gels with BMP-2 clearly outperformed previously 
used gelati n-based nanosphere gels with BMP-2 (103), indicati ng the type of BMP-2 carrier is of 
crucial importance. Although gelati n gels were capable of a sustained release of BMP-2 (275), 
this resulted in bone regenerati on that mainly occurred around and inside the porous ti tanium 
implants (Figure 8; A1). In additi on, bone regenerati on in that study did not lead to bridging of 
the graft ed defects within twelve weeks (Figure 8; B1). The mechanical strength also reached 
only up to only 50 % of the original strength in that study (275). In contrast, physiological fi brin 
gels with low doses of BMP-2 boosted bone regenerati on in the present study and completely 
bridged the majority of the graft ed defects within four weeks (Figure 8; B2), fi lling up more than 
50 % of the porous volume of the ti tanium implants with regenerated bone. Twelve weeks fol-
lowing the surgery, the graft ed femurs were already more than twice as strong as their original 
strength (i.e. control femurs Figure 6).

Figure 8: Direct comparison between BMP-2 release from fi brin and gelati n on bone regenerati on.
In the same in vivo model, using the same type of porous ti tanium implants and same batch of BMP-2, results from using 
HMW-BMP-Fb gels (this work) or gelati n nanosphere gels (103) were compared. Using gelati n nanosphere gels loaded with 3 µg 
BMP-2 predominantly led to bone regenerati on outside or inside the porous ti tanium implants (A1) without bridging the enti re 
defect (B1). In contrast, HMW-BMP-Fb gels (loaded with the same dose of BMP-2) led to complete bridging with restorati on of 
the medullary canal (A2) and the cortex (B2). Bar indicates 1 mm.
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cONcLUSION

In this study we developed a new biomaterial combination capable of stimulating complete 
bone regeneration in load-bearing segmental defects in rat femurs. This optimal combination 
enabled quick bone regeneration within four weeks and full restoration of the original bone 
functionality and anatomical shape in this pre-clinical model. Since all used methods have been 
used separately in trauma and orthopaedic surgery, this combination should be evaluated in a 
large animal model or a clinical trial and this might result in an efficient bone graft substitute to 
graft load-bearing segmental bone defects in trauma and orthopaedic surgery.
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aBSTRacT

In orthopedic surgery ample research is being performed to find better options to treat large 
bone defects. Recombinant human bone morphogenetic protein-2 (rhBMP-2) has been proven 
effective in bone regeneration, but it easily diffuses from the defect site and may generate 
ectopic bone formation. The current study investigates bone repair using a titanium porous 
scaffold with an alternative way to deliver rhBMP-2 using fibrin in different formulations in 
both a ectopic and orthotopic bone defect rat model. Commercially available fibrinogen (Tis-
sucol), diluted at two concentrations (2 and 60 mg/mL), and fractionated high molecular weight 
(HMW) fibrinogen (~ 99 % purity, diluted to 2 mg/mL) was mixed with rhBMP-2 and loaded 
with thrombin into highly porous titanium scaffolds. In vitro results showed that all constructs 
exhibited a small burst of rhBMP-2 at day 1, with a gradual release up to 21 days. HMW fibrino-
gen and the highly diluted Tissucol (2 mg/ml) preserved the highest rhBMP activities. In rat 
subcutaneous pockets rhBMP-2 regenerated slightly more bone within the titanium scaffold 
when the fibrinogen was diluted to 2 mg/ml. In critical-sized femoral defects in the rat using 
rhBMP-2 in Tissucol-2 showed excellent bone formation with complete bridging of the defects 
within eight weeks, whereas empty titanium implants did not. No ectopic bone was formed. In 
conclusion, commercially available diluted fibrin is a very efficient carrier for controlled release 
of rhBMP-2 in porous titanium scaffolds to graft critical-sized cortical bone defects.
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INTRODUcTION

Although bone tissue has an impressive regenerative potential, quite some percentage of all 
bone defects require (multiple) surgical interventions to heal (276). Especially, bone regeneration 
of load-bearing segmental bone defects is challenging in orthopaedic and trauma surgery. The 
total amount of bone grafting procedures amounts over 2.2 million annual worldwide (15).The 
gold standard comprises bone grafting harvested from another site in the patient (33). However, 
availability is limited and the procedure is associated with complications at the side were the 
bone is harvested (16, 17). In search for alternatives, bone graft substitute strategies have been 
developed that include the use of off-the-shelf biomaterials and/or bone growth factors.

Ideally, a bone graft substitute should provide immediate mechanical stability, while in 
the meantime bone can regenerate completely inside the defect and form a bridge in a short 
amount of time (277). One new and innovative biomaterial is highly porous titanium (44). This 
material can nowadays easily be fabricated using 3D metal printing techniques and adapt or 
mold its shape and size, so that it provides a structure that combines mechanical strength with 
a porous frame that allows cells to invade (278, 279) and growth factors to be loaded within the 
pores of the titanium scaffold (42, 280).

The most used growth factors for bone repair are rhBMP-2 and rhBMP-7, which are FDA 
approved for fracture repair of tibia and spinal fusion, but are also used off-label in many other 
bone substitute procedures (51, 52). BMPs are being produced by many cell types and regulate 
various cellular processes, thereby playing an important role in embryogenesis and osteogen-
esis, e.g. by control and differentiation of bone mesenchymal stem cells, the precursors of 
chondrocytes and osteoblasts (168, 281). BMPs are also produced during fracture repair and in 
that context BMP-2 and -7 have been shown osteoinductive, and were therefore introduced 
as drugs that can be added to bone graft materials to speed-up and enhance repair of bone 
defects and/or improve implant fixation (282).

The application of rhBMP-2 requires a delivery system, and collagen sponges are currently 
used for its local release to stimulate fusion of intervertebral disks. When placing the absorb-
able collagen sponge into a spinal intervertebral cage the high dosage of rhBMP-2 needed may 
leak into the surrounding leading to unwanted side effects such as ectopic bone formation (53-56). 
This led to a negative tendency towards the use of rhBMP-2 and research is now aimed toward 
elucidating an optimal dosage of the drug via a more optimal delivery system (55). Interestingly, 
the standard delivery system releases rhBMP-2 in a matter of several weeks, which does not 
resemble natural bone regeneration where BMP-2 is supposed to be released in the first days of 
the fracture healing process (231, 232). As the first phase of fracture healing starts with the produc-
tion of a fibrin clot, fibrin could not only keep the growth factor inside the defect area, but it is 
already the natural binding reservoir for osteoinductive cytokines such as BMP-2 (2, 33, 233, 283-285).

Fibrin forms a nano-/micro-fibrillar meshwork by polymerization of fibrinogen that together 
with the protease thrombin forms a so-called blood callus or fracture haematoma (170). Because 
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of its biomimetic and physical properties, fibrin glue (fibrinogen plus thrombin) represents an 
injectable biomaterial that can be mixed with growth factors and is rapidly invaded, remodelled 
and replaced by host cells (189). As fibrin glue can mimic certain aspects of native extracellular 
matrix, it can facilitate adherence, migration and differentiation of cells and related extracel-
lular matrix deposition, while exhibiting optimal biocompatibility and biodegradability.

Several studies have shown that fibrin gels can be used as a carrier material for rhBMP-2 
and this combination also allows for good bone regeneration (58, 170, 266). Another study also 
showed that lower concentrations of rhBMP-2 could be used if fibrin was used as a carrier 
(189). The disadvantage of using fibrin gels for the treatment of critical-sized bone defects is the 
very poor mechanical strength. However, this could be overcome by the combined use with 
titanium scaffolds. Our research group showed successful bone regeneration of a segmental 
bone defect using porous titanium scaffolds loaded with rhBMP-2 containing fibrin gels (43). In 
this study, fibrin gels were made of high molecular weight (HMW) fibrinogen only, because in 
the high molecular weight form it is suggested to increases angiogenesis in vitro and in vivo 
(234). However, this HMW fibrinogen did not perform better than the unpurified (unfractionated) 
fibrinogen that forms in circulation. This raised the question whether it might be possible to 
use a clinically applicable (commercially available) fibrinogen, such as Tissucol. Tissucol is a 
mixture of high and low molecular weight fibrinogen. However, commercially available fibrin 
glues usually have a non-physiological high concentration of fibrinogen in order to make them 
better therapeutically applicable as a glue. As a consequence, these fibrin gels are not very 
permeable for body fluids and host cells, which might have a negative effect on their properties 
as a rhBMP-2 delivery system for bone regeneration.

In this study we again aim to find the optimal fibrin-based delivery system for rhBMP-2 
through modulating the fibrinogen concentration of commercially available fibrin glues. We 
diluted commercially fibrin glue (Tissucol, Baxter) at different concentrations and compared the 
rhBMP-2 release from these diluted versions with release from a fractionated HMW fibrinogen 
form, which have been shown to be highly permeable to cells (234). Subsequently we questioned 
which of the various rhBMP-fibrin formulations performed best in vivo in a subcutaneous and 
critical-size femoral bone defect model in the rat, while placing the formulation in a highly 
porous titanium scaffold for mechanical support.

MaTERIaLS aND METhODS

Study design
An in vitro release study and activity analysis of rhBMP-2 was performed for three different 
rhBMP-fibrin formulations: clinically applicable human fibrinogen (Tissucol, Baxter, Utrecht, 
The Netherlands) diluted to a concentration of 2 mg/mL fibrinogen (Tissucol-2), Tissucol diluted 
to 60 mg/mL fibrinogen (Tissucol-60) and high molecular weight fibrinogen diluted to 2 mg/
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mL fibrinogen (HMW-Fb-2), which fraction was precipitated from human fibrinogen (Chromo-
genix, Mölndal, Sweden). Tissucol normally has a fibrinogen concentration between 70-110 
mg/mL, so the exact concentration of each formulation was not known. formulation was put 
in a highly porous titanium scaffold and placed subcutaneous in rats to test bone induction. 
The best performed rhBMP-fibrin formulation was subsequently tested against the titanium 
scaffold alone (empty) in a critical-sized femur defect in the rat. Micro-computed tomography 
(microCT), histology and biomechanical testing were used as output parameters.

Construct preparation
Additively manufactured porous titanium implants were produced with direct metal printing 
(DMP, ProX DMP 320, 3D Systems Layerwise, Leuven, Belgium) using Ti6Al4V-ELI powder 
conforming to ASTM B348, grade 23. The porous architecture was based on a dodecahedron 
unit cell with a 240-730 μm pore size and 85 % porosity and the femur samples were scanned 
to measure the exact properties. For the in vitro and subcutaneous placed constructs a cylin-
drical shaped custom-made scaffold of 5 mm length and 4 mm diameter was used to bring 
the fibrinogen into the titanium scaffold. For the femoral defect model we used a cylindrical 
shaped custom-made scaffold of 6 mm length and 3.5 mm diameter. A similar sized mould that 
perfectly fit the implant was used to fully fill the pores of the implant with fibrin. The titanium 
scaffold had a theoretical construct volume of 61.7 mm3 for the in vitro and subcutaneous 
placed constructs and 57.8 mm3 for the constructs placed in a femur defect. All titanium im-
plants underwent a post-production alkali-acid-heat surface treatment to enable good bone 
contact (45).

For the in vitro and subcutaneous placed constructs, clinically applicable human fibrinogen 
(Tissucol, Baxter, Utrecht, The Netherlands) was diluted in sterile phosphate buffered saline to a 
final concentration of 2 mg/mL or 60 mg/mL, which was clotted with 10 IU/mL thrombin (Global 
Siemens Healthcare, Erlangen, Germany) dissolved in a 100 mM calcium chloride solution with 
8.3 µg rhBMP-2 (InductOS, Wyeth/Pfizer, New York, USA). The same concentrations accounted 
for high molecular weight fibrinogen (HMW-Fb-2), which was produced as described in our 
previous study (43). Briefly, plasminogen-rich unfractionated human fibrinogen (Chromogenix, 
Mölndal, Sweden) was dissolved in Tris buffer (10 mM Tris/HCl, pH 7.4) to a concentration of 5 
mg/mL. Saturated (NH4)2SO4 was slowly added to a final concentration of 19 % (v/v) and the so-
lution was mixed for 30 min at room temperature prior to centrifugation for 10 min at 2.000 × g. 
Repetition of this precipitation step resulted in a HMW fibrinogen pellet (~ 99 % purity), which 
were dissolved in 5 mL of saline (0.9 % NaCl) and then dialysed against M199 culture medium. 
Purity was determined using standard non-reducing sodium dodecylsulphate polyacrylamide 
gel electrophoresis and concentrations were calculated using the molar extinction coefficient 
of fibrinogen (E1 % 280 nm for fibrinogen is 15.8).

Once the titanium constructs were filled with 56 µL in total per construct, they were placed 
in the incubator for clotting at 37 °C with 5 % carbon dioxide (CO2) for 30 minutes, after which 
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they were turned upside down and left for another 30 minutes. Constructs were prepared one 
by one to prevent premature setting of the gels during handling and an inhomogeneous disper-
sion of rhBMP-2. The constructs were prepared the day before the start of the experiment or 
the surgery and incubated in a cold room at 4 °C overnight and then moved in 1 mL of medium 
consisting of 1 mL of DMEM/F12 (1:1)+GlutaMAX (31331093, Fisher Scientific, Landsmeer, The 
Netherlands) supplemented with 10 % heat inactivated FBS (RWG35912; HyClone GE Health-
care, Hoevelaken, The Netherlands) 100 U/mL penicillin with 100 mg/mL streptomycin (15140, 
Fisher Scientific, Landsmeer, The Netherlands).

Scanning electron microscopy (SEM)
To determine filling efficacy of the titanium scaffolds and to characterize the structure of the 
polymerized fibrin network from the three rhBMP-fibrin formulations, SEM was used as follows: 
implants were filled with fibrin gels and fixed in 3 % glutardehyde/phosphate buffered saline 
(PBS) at room temperature overnight and rinsed with PBS and afterwards with distilled water. 
Samples were then stepwise dehydrated in series of ethanol (10 %, 30 %, 50 %, 70 %, 90 %, 100 
%). The samples were then transferred to 50 % EtOH / 50 % hexamethyldisilazane (HMDS) and 
afterwards to 100 % HMDS. The samples were then allowed to dry overnight, and sputtering 
of gold with a thickness 1 nm was applied on the sample surfaces. The surface morphologies 
and filling efficacy of treated samples were evaluated with a JSM 6500F (JEOL, Tokyo, Japan) 
scanning electron microscopy (SEM).

In vitro release profile of rhBMP-2
RhBMP-2 release over time was evaluated using a BMP-2 ELISA (#900-M255, PeproTech, Lon-
don, United Kingdom) according to manufacturer’s instructions. Medium collected from the 
constructs (n = 3) at days 0, 1, 2, 5, 10, 16, 21 and 28 was stored at -80 °C degrees till the ELISA 
could be performed. The medium taken for analysis was replaced by fresh medium. Fresh, non-
cultured medium was used as control. The plate was read at the different time points (5-10-15 
and 20 min) at 405 nm with wavelength correction set at 650 nm.

In vitro activity of rhBMP-2
To assess if the crosslinking process of the fibrin could have affected rhBMP-2 activity, its ability 
of enhancing ALP activity in an ATDC5 cell line was evaluated. One construct of each HMW-
Fb-2, Tissucol-2 and Tissucol-60 was incubated in medium for 10 or 21 consecutive days at 37 
ºC under humidified conditions and 5 % CO2. Medium incubated for an equivalent amount of 
days was taken along as control, as well as fresh medium.

Three days before the time points (10 or 21 days) 6,000 cells/well were seeded in a 96 well 
plate. ATDC5 cells were cultured at 37 ºC under humidified conditions and 5 % CO2 in DMEM/
F12 (1:1)+GlutaMAX (31331093, Fisher Scientific, Landsmeer, The Netherlands) supplemented 
with 10 % heat inactivated FBS (RWG35912; HyClone GE Healthcare, Hoevelaken, The Nether-
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lands) 100 U/mL penicillin with 100 mg/mL streptomycin (15140, Fisher Scientific, Landsmeer, 
The Netherlands). After three days, the medium, in which the constructs of the three groups 
were placed, was collected and added to the ATDC5 cells (n = 3 per construct) at different dilu-
tions (original concentration, 10X diluted, 50X diluted and 100X diluted). Cells were incubated 
herein for another 3 days, after which the ALP activity was evaluated.

Briefly, after washing with PBS, ATDC5 cells were lysed with 0.5 % Triton-X 100 in PBS for 
30 minutes. Of each sample 25 μL was incubated in a flat transparent bottom 96 well plate 
with 50 μL pNPP (N7653, Sigma-Aldrich, Zwijndrecht, The Netherlands). ALP enzyme (P4978, 
Sigma-Aldrich, Zwijndrecht, The Netherlands) with known U/mL was used to obtain a standard 
curve. A kinetic reading was performed every two minutes for 30 minutes at 405 nm with a cor-
rection at 655 nm. To correct for the amount of cells present in each well, DNA was quantified 
using Quant-iT™ PicoGreen™ dsDNA Assay Kit (P7589, Invitrogen) according to manufacturer’s 
instruction.

animals
For the subcutaneous samples thirty male Wistar rats and for the femur defect eighteen male 
Wistar rats (Charles River, Sulzfeld, Germany) were housed paired under strict supervision in 
the animal facility of the University Medical Center Utrecht. Animals received standard food 
pellets and water ad libitum and were kept under climate-controlled conditions (21 ºC; 12 
h light/12 h darkness). At the age of 16 weeks after at least 7 days of acclimatization in the 
animal facility, two subcutaneous samples were placed on the back of each animal, one with 
and one without rhBMP of the three fibrin groups (HMW-Fb-2, Tissucol-2 or Tissucol-60). As a 
control two samples without fibrin and without rhBMP were also placed in separate animals 
and served as a control. These rats also had an operation on the femur for another study and 
were euthanized at 5 weeks (n = 4 per group with and without rhBMP) and at 11 weeks (n = 6 
per group with and without rhBMP) with an overdose of barbiturates (phenobarbital; 200 mg/
kg body weight, TEVA Pharma, Haarlem, The Netherlands). All subcutaneous samples were 
taken out, scanned and processed for the analysis of bone formation.

Another sixteen animals underwent an operation in which a six mm critical-sized segmental 
bone defect was created (44). Two experimental groups were compared: defects filled with 
rhBMP-2 embedded in the fibrin carrier material in titanium constructs (Tissucol-2-BMP, n = 
8) or titanium constructs without any material incorporated (Empty, n = 8). The total amount 
of carrier was the same as in the in vitro study and the subcutaneous placed samples, as the 
construct size was almost the same (57.8 mm3). However in this orthotopic environment less 
rhBMP-2 was used (3 µg/construct = 54 µg/mL) (43). Animals were euthanized at 11 weeks with 
an overdose of barbiturates. The research protocol was approved by the animal experiments 
committee of the institution (104888-2/ 2014.III.06.054) and is in accordance with Dutch na-
tional law on animal experiments.
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Surgical procedure
Surgical procedures were performed aseptically under general anaesthesia (1-3.5 % isoflurane). 
The subcutaneous samples were placed on each site of the spine by a small skin incision, after 
which a small pocket was created to place the titanium in. The skin was sutured with Vicryl 
rapide 5-0 (VR 2297, Ethicon, Brussel, Belgium).

For the 6 mm critical-sized defect of the femur, the right hind leg was shaved from ankle 
to hip. The right femur was exposed through a lateral skin incision and dissection of soft tissue 
and division of underlying fascia. Using three proximal and three distal screws, a 23 × 3 × 2 mm 
polyether ether ketone (PEEK) plate was fixed to the femur anterolateral plane. Periosteum 
was removed over 6 mm of the mid diaphyseal region before a 6 mm cortical bone segment 
was removed with a wire saw using a tailor-made saw guide (RISystem, Davos, Switzerland) and 
the bones were fixated with a plate. Subsequently, an empty titanium construct (Empty) or a 
titanium construct with Tissucol-2 and rhBMP (Tissucol-2-BMP) was implanted press-fit into 
the defect. The titanium constructs used here were slightly different from the ones used for the 
subcutaneous experiments as they have a small medullary canal that matches the rat femur. 
Finally, fascia and skin were sutured in layers using Vicryl rapide 5-0. Subcutaneous injection of 
pain medication (buprenorphine, 0.05 mg/kg body weight) was given pre-operative and twice 
a day for the following three days to all rats, at which time the animals were also checked for 
any complications or side effects, like wound problems, immobilisation of the operated leg, or 
any other abnormal behaviour of the animal.

MicrocT scanning
MicroCT scanning of the subcutaneous samples was done at five and eleven weeks to assess 
the amount of bone formation. MicroCT scanning of the subcutaneous implants was performed 
with a scan time of 3 minutes, voxel size of 20 μm3, tube voltage of 90 kV, tube current of 180 µA 
Quantum FX; PerkinElmer, Waltham, MA, USA. MicroCT scanning of the femora was performed 
in vivo at 4, 8 and 11 weeks. At baseline, a microCT scan was made directly after implantation 
of the construct, when the rats were still under anaesthesia to check for any complications. 
In supine position, the hind leg of the rat was fixed allowing scanning of the femur with the 
microCT (scan time of 3 minutes, voxel size of 42 μm3, tube voltage of 90 kV, tube current of 180 
µA, Quantum FX; PerkinElmer, Waltham, MA, USA). Three cylindrical regions of interest (ROIs) 
were selected of all 6 mm length. One being the bone volume inside the defect (BVi) with a 
diameter of 3.5 mm; one a hollow cylinder capturing the bone volume outside the defect (BVo) 
with an outside diameter of 6.4 mm and an inside diameter of 3.5 mm diameter, and the total 
bone volume (TBV) with an outside diameter of 6.4 mm capturing the entire region (Fig. 1). 
The ROIs were segmented with a global threshold as the density between titanium and bone is 
considerable. Bone volume was measured in mm3 and 3D reconstructions of the defects were 
made using image processing software (Image-J; Java, Redwood Shores, CA, USA).
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Bone bridging was assessed on ex vivo scans with ImageJ as well and was quantified by 
measuring the shortest remaining gap size between bone formed at the proximal and distal 
side within the 6 mm defect. All scans were checked for ectopic bone formation.

Figure 1. Region of interest on micro-cT scanning.
BVi and BVo are defined as bone formed inside and outside the porous space and the medullary canal of the titanium implants. 
TBV is total bone volume. Scale bar indicates 1 µm.

Histological evaluation
Undecalcified histology was performed on two samples of both the subcutaneous (5 and 11 
weeks) and femur (11 weeks) samples whose regenerated bone volumes were the closest to 
the means of their respective groups based on the micro-CT results. The harvested samples 
that were used for histology were fixed in a 4 % neutral formalin buffered solution for 1 week, 
dehydrated in ascending ethanol series (70-100 %), and embedded in methyl methacrylate. 
Sections in the coronal plane of ~20 µm were obtained using a diamond saw (Leica SP1600, 
Leica Microsystems BV, Son, The Netherlands) and stained with 1 % methylene blue (Sigma-
Aldrich, Zwijndrecht, The Netherlands) and 0.3 % basic fuchsin solution (Sigma-Aldrich, Zwijn-
drecht, The Netherlands) to stain bone pink and fibrous tissue blue. Serial transversal sections 
(across the middle) were then evaluated for bone formation and bone-implant contact. All 
sections were visualised using an Olympus BX51 microscope (Olympus DP70 camera, Olympus, 
Hamburg, Germany).

Biomechanical testing
The biomechanical stability of the grafted femora was assessed using a torsion test conducted 
on the remaining six femora of each group to determine the maximum torque to failure. Both 
ends of each femur were embedded in a cold-cured epoxy resin (Technovit 4071, Heraeus Kul-
zer, Germany) after removal of the PEEK fixation plate. On the upper clamping side, a Cardan 
joint was used to ensure that the specimens were subjected to pure rotation without bending. 
The lower sides of the specimens were simply fixed. The tests were performed until failure with 
a rotation rate of 0.5 °/s using an electromechanical testing machine (ElectroPuls E10000, In-
stron, USA). Seven contralateral femora were included as controls. After harvesting the femora, 
soft tissues and PEEK plates were carefully removed. The specimens were kept inside an in 
PBS-drowned napkin at -20 ºC until further processing.
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Statistics
The data are presented as means with standard deviation (SD) unless otherwise mentioned. In 
the analysis of the in vitro release, mixed models analyses were used to test for statistical differ-
ences between the three groups (HMW-Fb-2, Tissucol-2 & Tissucol-60), with random intercept 
and corrected for time. For the ALP activity, differences were tested with a One-way ANOVA for 
parametrical data, and a Kruskal-Wallis test for non-parametrical data. In the analysis of the results 
of the microCT scanning, mixed models analysis was used to test for statistical differences between 
the subcutaneous placed titanium with three groups (HMW-Fb-2, Tissucol-2 & Tissucol-60) and 
for the femur defect model with two groups (Empty & Tissucol-2-BMP), with random intercept 
and corrected for time. One-way ANOVA was performed, followed by a Bonferroni post-hoc test to 
compare all subcutaneous implanted groups at 11 weeks that used rhBMP and without its use. The 
overall effect of rhBMP, the effect of rhBMP per carrier and the gap size were analysed by an inde-
pendent samples t-test for parametrical data. If one of them was non-parametrical Mann-Whitney 
U tests were performed. A p-value less than 0.05 was considered a statistically significant difference.

RESULTS

Porous titanium implants incorporated with fibrin gels
The implant properties are shown in Table 1. The alkali-acid-heat treatment resulted in a 
titanium oxide layer with irregular nano-scale features (Table 1 and Fig. 2). Macroscopic in-
spection and SEM analyses verified that the pores of the titanium implants were completely 
filled with fibrin gel (Fig. 2 B-E). The protein fibers of all fibrin gels attached intimately to the 
surface-treated titanium (Fig. 2 B.1-3). In addition, SEM showed clear differences with respect 
to their nanofiber structures: the fiber network formed by Tissucol-60 resulted in much denser 
structures (Fig. 2 B3-E3). HMW-Fb-2 and Tissucol-2 appeared to form a more open network 
(Fig. 2 B1-E1&B2-E2), likely better accessible for molecules and cells.
Table 1. Properties of Ti6Al4V ELI porous titanium implants.

Ti6Al4V ELI

Strut size 210.5 ± 0.2 µm

Pore size 243.9 ± 0.4 µm

Porosity 79 %

Compression strength 14 MPa

Young’s modulus 114 GPa

Surface area / volume 5.7± 0.0 µm2

Surface composition Oxygen 23.11 %
Titanium 69.30 %
Vanadium 2.64 %
Aluminium 4.95 %
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Figure 2. SEM images of fibrin loaded porous titanium implants.
Macroscopic overview (A), and enlarged details (B-D) of entirely fibrin loaded porous titanium implants. Tissucol-60 shows 
the most dense network. Tissucol-2 and HMW have similar density, but fibers of HMW-Fb-2 are more structured. Zoom is B = 
100x, C= 1000x, D= 9000x

In vitro experiment
The cumulative rhBMP-2 release shows a small burst release in the first day for all three groups 
(Fig. 3A). Thereafter all groups showed a more or less linear release profile after 5 days that 
lasted until 28 days, with a total cumulative release after 28 days of 39 ± 6 ng/mL for the HMW-
Fb-2 group, compared to 34 ± 7 ng/mL for the Tissucol-2 group and of 23 ± 4 ng/mL for the 
Tissucol-60 group. However, the mixed model showed no statistical difference in the release 
of rhBMP between Tissucol-2 and Tissucol-60 (mean difference over time of 2.07 ng/mL, CI 
-0.43 – 4.57, p = 0.103), whereas HMW-Fb-2 released significantly more rhBMP than Tissucol-2 
(mean difference over time of 3.25 ng/mL, CI 0.75 – 5.74, p = 0.012), and Tissucol-60 (mean 
difference over time of 5.32 ng/mL (CI 2.82 – 7.82, p < 0.001).
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For all groups the released rhBMP-2 at 10 days showed a slight increase in ALP activity 
(Fig. 3B), which was not significantly different between the different groups (p = 0.135) and 
the control fresh medium condition (HMW-Fb-2, p = 0.314; Tissucol-2, p = 1.000; Tissucol-60, 
p = 0.287) (Fig. 3B). At 21 days the activity of rhBMP between the HMW-Fb-2 and Tissucol-2 
group is virtually equal where both these diluted versions had a much higher activity than 
the Tissucol-60 (HMW-Fb-2 p = 0.002 and Tissucol-2 p = 0.001). Tissucol-60 did not show any 
difference in activity compared to the control medium without any BMP.

In vivo experiment
The implantation sites healed without complications and all animals remained healthy during 
the follow-up. The animals who had a subcutaneous construct implanted had an average weight 
of 414 ± 56 g at the time of implantation and during follow-up, there was an average increase of 
30 ± 21 g after 5 weeks and 56 ± 17 g after 11 weeks. The rats with constructs implanted in their 
femur defect had an average weight of 441 ± 56 g at the time of implantation and an average 
increase of 62 ± 18 g 11 weeks later. All rats were able to tolerate weight-bearing activities 
immediately after surgery.

Subcutaneous model
The amount of new bone formation in the subcutaneously placed titanium samples was very 
small and not clearly visible in the micro-CT. Therefore we compared the average grey values in 
the pores of the in vivo samples with an empty sample that had been in vivo, which provided an 
estimate of the newly formed calcified tissue in the pores. Although the mixed model (includ-
ing time as a variable) showed no overall difference between groups, at end point (eleven 
weeks) there was a significantly higher mean grey value for the samples were rhBMP was used 
compared to the samples without rhBMP (Fig. 4, p = 0.038). The samples without rhBMP did 
not show any difference among each other after eleven weeks (Fig. 4, left three bars). Where 
the Tissucol-2 showed considerably more bone density than the Tissucol-60 samples if rhBMP 
was used, however this difference was not significant (p = 0.248, Fig. 4, at the right side).
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Figure 3. Eff ects of in vitro incubati on ti me on BMP-2 release and acti vity.
In vitro cumulati ve BMP-2 release over ti me (A), ALP acti vity at 10 and 21 days (B). a-f indicate signifi cant diff erences between 
groups.

Figure 4. Quanti fi cati on of subcutaneous ti tanium implanted bone regenerati on.
Diff erent types (HMW or Tissucol) and diluti ons (2 mg/mL or 60 mg/mL) of fi brin without (-) and with (+) BMP aft er eleven 
weeks.
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With histology we could visualize small amounts of bone formation after eleven weeks in both 
HMW-Fb-2 (Fig. 5A4-B4) and Tissucol-2 (Fig. 5 C4-D4) samples loaded with rhBMP. No bone 
formation was visible in any of the Tissucol-60 loaded implants (Fig. 5 E-F). There was more 
infiltration of cells visible in the samples were the fibrin gel was still visible, which was true for 
Tissucol-2 (Fig. 5 C1-D1, 5 weeks BMP - group) and Tissucol-60 (Fig. 5 E1-F1: 5 weeks BMP - & 
E2-F2: BMP + group and E3-F3: 11 weeks BMP - group).

Figure 5. Histological evaluation of subcutaneous implanted titanium.
Clear bone formation was visible after eleven weeks in both HMW-Fb-2 (A4-B4) and Tissucol-2 (C4-D4). B = bone, Fb = fibrin, I 
= infiltration, T = titanium. Scale bar indicates 1 mm, dotted scale bar indicates 100 µm.

Critical femur defect model
In femoral critical bone defect model the Tissucol-2-BMP group was chosen as in subcutane-
ous placed constructs it showed better results than the Tissuecol-60 group and approximately 
similar results as the HMW-Fb-2 group, which was studied earlier (43). Tissucol-2-BMP showed 
significant (p < 0.001) more bone ingrowth than the empty controls at all time points measured. 
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There was a mean diff erence over ti me of 24.1 mm3 (CI 10.8 - 37.4, p = 0.002) for TBV (Fig. 
6A), and 19.0 mm3 (CI 14.4 – 23.5, p<0.001) for BVi (Fig. 6B). At eleven weeks empty ti tanium 
implants only showed 14. 6 ± 7.2 mm3 bone volume inside the scaff old (BVi), while Tissucol-2-
BMP fi lled ti tanium implants had 34.4 ± 4.1 mm3 BVi (Fig. 6B). For TBV this was respecti vely 26.7 
± 20.0 mm3 and 53.9 ± 13.8 mm3 (Fig. 6A). The bone volume outside the defect was 12.1 ± 13.3 
mm3 for empty ti tanium implants and 19.6 ± 12.8 mm3 for Tissucol-2-BMP ti tanium implants at 
eleven weeks (Fig. 6C), which was not stati sti cally diff erent (p = 0.285).

Figure 6. Longitudinal quanti fi cati on of bone regenerati on of ti tanium implanted in the femur.
in vivo µCT scans aft er four, eight and eleven weeks. In the left  upper corner there is a sagitt al view of microCT with in blue the 
area of microCT analysis. TBV (A); defi ned as all bone formed within the 6 mm defect. BVi (B); defi ned as bone formed inside 
the porous space and in the medullary canal of the ti tanium implants. BVo (C); defi ned as bone formed outside the ti tanium 
implants. a-j indicate signifi cant diff erences between groups.

In Tissucol-2-BMP ti tanium implants most bone was formed before 8 weeks over the full 
length of the construct (Fig. 6A and 6B, Fig. 7 B1-B2), while empty ti tanium implants showed 
gradually increasing bone formati on mostly at the proximal end of the implants (Fig. 7A). In 
the Tissucol-2-BMP group almost all the defects were bridged aft er eight weeks and all showed 
the formati on of an intramedullary channel and almost fully remodelled at eleven weeks aft er 
implantati on (Fig. 7 B2-B3). In the empty implants there was some resorpti on at the distal ends 
(Fig. 7 A3).
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Figure 7. Representative longitudinal microCT scans of femora illustrating the bone regeneration process.
in vivo scans of defects grafted with porous titanium implants (Empty, A) or with porous titanium implants incorporated with 
Tissucol-2-BMP-2 (B) after four (1), eight (2) and eleven (3) weeks. In the Tissucol-2-BMP group rapid bone regeneration inside 
(dotted arrow) and outside (black arrow) of the implant over the full length of the defect is observed already after four weeks 
(B1). Between 8 and 12 weeks, the cortex and medullary canal (red arrow) are restored in their original shape (B2-B3). In the 
empty group bone regeneration is only observed at the proximal end of the titanium implant (A1-A2-A3, see arrows, dotted 
= inside, black = outside). There was bone resorption observed at the distal end of the titanium implants (A3, red asterisk).

At eleven weeks, bone bridging was only seen in the cortical defects grafted with Tissucol-
2-BMP filled titanium implants (Fig. 8 B-C). Only one of the defects of this group was not 
completely bridged, and the average remaining gap size was 0.004 ± 0.01 mm3 which was 
statistically different compared to empty titanium implants (2.67 ± 1.50 mm3, p < 0.001) (Fig. 
8C). No ectopic bone was formed in any of the animals.
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Figure 8. Bone bridging and mechanical strength.
3D microCT renderings showing bone bridging of the empty (A) and Tissucol-2-BMP (B) titanium scaffolds placed in the critical-
sized femoral defect. In graph C the remaining gap size indicates the bridging success. In graph D the mechanical femoral 
strength after implantation of different types of porous titanium implants or intact femora measured by torsion tests. a indi-
cates significant differences between groups.

For the femur implanted samples at five weeks and at end point (week 11) the histological 
results confirmed the micro-CT data (Fig. 9). The Tissucol-2-BMP group (Fig. 9 C-D) showed 
considerably more bone regeneration than the empty titanium scaffolds. The Tissucol-2-BMP 
group showed clear bridging and full restoration of the original bone architecture after eleven 
weeks.
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Figure 9. Histological evaluation of bone bridging.
Representative transversal sections of femur defects eleven weeks after implantation of porous titanium implants; empty de-
fect (A), and titanium-Tissucol-BMP-2 (C), including detailed view for empty (B) and titanium-Tissucol-BMP-2 (D). Sections are 
stained with basic fuchsine and methylene blue. Basic fuchsine stains bone pink, methylene blue stains fibrous tissue blue. 
Scale bar indicates 1 mm. B = bone, BM = bone marrow, T = titanium.

Only two empty titanium samples could be biomechanically tested, as four were fractured 
during the embedding process, indicating that they were very weak (Fig. 8D). Femora of the 
Tissucol-2-BMP group showed an average maximum torques of 597 ± 238 N.mm, which was 
even 35 % higher than the intact femurs (Fig. 8D). Femora of the empty group (141 ± 175 
N.mm) only showed a maximum torque which was 32 % of the average maximum torque of 
intact femora. Non-grafted femora broke mainly in the center of the femur during torsion test-
ing, while all the Tissucol-2-BMP femora broke at the proximal implant-bone interface.

DIScUSSION

In this study we showed that rhBMP-2 was released from fibrin gels in a more or less linear 
fashion over a period of at least 21 days, with a small burst in the first day. Most active rhBMP 
was released from high molecular weight fibrinogen and Tissucol (commercial fibrin glue) 
diluted to 2 mg fibrinogen per mL, at 21 days. The commercially available fibrin loaded with rh-
BMP-2 and implanted in titanium constructs were placed in a critical-sized defect and resulted 
in fast bone regeneration into the titanium scaffold, which corroborated our earlier results 
with BMP-2 in HMW fibrin. Apparently, low dense fibrins are a very optimal delivery system 
for BMP-2 as they lead to fast bone formation guided by the location of the fibrin, without any 
ectopic bone formation.

Titanium implants are frequently used in orthopaedic surgery due to their good biocompat-
ibility and mechanical properties (279). Although titanium implants normally incorporate well 
with human host bone, solid titanium implants are not considered a feasible option to fill a local 
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bone defect as the connection between the host bone and the boundary of the solid implant 
would not create a stable fixation. Highly porous titanium implants could solve this problem, 
as shown before (44, 45). The bone could grow into the pores and thereby fully regenerate its 
original shape, using the porous titanium as a scaffold. However, regenerated bone might not 
fully incorporate the entire porous scaffold, or the pace of bone ingrowth can be slow, thereby 
compromising full long-term stability. Several options are available to overcome this problem, 
like surface treatments or changing its properties (194, 286). One of the options is, to coat titanium 
implants with rhBMP (282). It has been shown that different surface modifications could regulate 
the structure of rhBMP-2 and thereby influence its osteogenic function (46). However, results are 
variable and a high dosage of rhBMP is needed (282).

In our study we used fibrin mixed with a low dose rhBMP-2 placed in highly porous 3D 
printed titanium that also underwent a surface treatment to improve cell and bone attachment 
(45). The release of rhBMP from fibrin or the invasion of cells to break down fibrin in order to 
release rhBMP, is likely very effective for bone regeneration in the current rat femur defect 
model. Fibrin is known to facilitate adherence, migration, differentiation of cells and related 
extracellular matrix deposition (59). However, the supra-physiological fibrinogen concentrations 
used in surgical (commercial) fibrin glue are not optimal for bone regeneration (58). They are 
known to ensure fast and effective clotting, but they have restricting effects on cell mobility 
and ingrowth (269, 270). Supra-physiological fibrinogen concentrations were used before to deliver 
BMP-2 in several bone defect models (176, 177, 189, 260-267). Our study showed a total lack of bone 
formation with this high dense fibrin in our subcutaneous sample compared to the constructs 
with physiologically concentrated fibrin gels (HMW or Tissucol at 2 mg/mL).

A very important aspect of the working mechanism of BMPs is the spatial and temporal 
concentration. A very crude first order estimate of this can be derived from the in vitro release 
experiments (Fig. 3). Gradual release is often considered to be more favourable over a burst 
release for bone regeneration, as side effects can develop with a high dose which is often 
released at a burst (171, 179). However, this might depend on the dose and delivery system used 
(175-177, 287, 288), as the delivery system (fibrin in this case) likely has no adverse effects on the work-
ing mechanism of rhBMP. For fibrin, some studies hypothesized that due to the relatively small 
size of BMPs compared to the pores of fibrin and their low affinity to interact with fibrin, BMPs 
are released quickly from the fibrin glue (59). However, in our study it might be the connection 
with titanium, which gives a gradual release after the initial small burst release. Without the 
titanium, the fibrin might fall apart and being diluted in the environment much quicker, thereby 
mitigate the efficacy of BMP.

Physiologically concentrated fibrin gels prepared from HMW fibrinogen were expected to 
improve bone regeneration as was reported in an earlier study (43). Commercial Tissucol con-
tains 30 % low molecular weight (LMW) fibrinogen and, compared to 100 % HMW fibrinogen, 
contamination with more than 10 % of LMW fibrinogen gradually decreases the formation of 
tube-like structures in vitro in a dose-depend manner (234). However, HMW fibrinogen gel with-
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out BMP did not enhance bone regeneration and performed similar to empty porous titanium 
implants (43). Also our current results indicate that easily available commercial Tissucol used 
in a diluted manner with rhBMP-2 provided similar results than the specially processed HMW 
fibrin (Fig. 10).

Figure 10. Comparison between HMW-2-BMP and Tissucol-2-BMP in the critical-sized femoral defect.
In the same in vivo model similar results, using porous titanium scaffolds with two types of fibrinogen (HMW and Tissucol) with 
the same dilution (2 mg/mL), are shown in 3D microCT (A), 2D microCT (B) and with histology (C).

Our current study did not show any ectopic bone formation, despite the fact that this is 
often reported for BMP-2. Neither did we observe bone resorption or wound complications, 
which are described side effects of BMP-2 (55). This explains that the previously described nega-
tive reports of BMP-2 due to its side effects, could be due to a non optimal delivery system 
(189). Schützenberger et al. already showed that fibrin gels outperformed the currently clinically 
used absorbable collagen sponges as BMP-release properties of fibrin, in contrast to those of 
collagen, allow to use 85 % less BMP without compromising the regenerative success (268).

One important limitation of this study is that not all groups used in the in vitro and subcuta-
neous in vivo study were used in the orthotopic femur defect model. We choose to study only 
the commercial fibrin (Tissucol, Baxter) and diluted it to 2 mg/mL in the in vivo femur model. 
The HMW-fibrin version was used in combination with porous titanium in the same model in 
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an earlier study. The exact reason of the effectiveness of rhBMP-2 in that study was not entirely 
clear, as positive effects could be attributed to putative effects of specifically high molecular 
weight fibrin on angiogenesis (234). The current study shows that it is likely the fibrin itself that 
generates the positive effect on the application of BMP-2 in this situation.

It should be kept in mind that there are limitations of fibrin, a natural polymer, in terms 
of range of physicochemical properties, requirement of extensive purification protocols and 
potential pathogen contamination when harvested from animal or human sources (59). It might 
be a small step to use patients own fibrin or use a general blot clot as a delivery vehicle that 
can be mixed with rhBMP.

cONcLUSIONS

In the current study we have provided an effective and cheap delivery system for rhBMP-2 
based on commercially available fibrin. The porous titanium-fibrin-BMP-2 construct showed ex-
cellent outcomes in a preclinical femoral defect model in the rat. The study demonstrated that 
a gradual release of rhBMP-2 combined with fibrinogen loaded into porous titanium scaffolds, 
not only assures rapid bone formation and remodeling, but also creates a high mechanical 
strength (even higher than the intact natural bone) in a critical-sized defect of the femur in 
rats. As the fibrin and BMP used in this study are clinically applicable and easily available, we 
suggest to take this combination to the next level and perform a large animal model study or 
a clinical trial.
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aBSTRacT

Bone substitutes are frequently used in clinical practice but often exhibit limited osteoinduc-
tivity. We hypothesized that unfocused shock waves enhance the osteoinductivity of bone 
substitutes and improve osteointegration and angiogenesis. Three different bone substitutes, 
namely porous tricalcium phosphate, porous hydroxyapatite and porous titanium alloy, were 
implanted in a critical size (i.e. 6-mm) femoral defect in rats. The femora were treated twice 
with 1500 shock waves at 2 and 4 weeks after surgery and compared with non-treated con-
trols. The net volume of de novo bone in the defect was measured by microCT scanning during 
11-weeks follow-up. Bone ingrowth and angiogenesis in the bone substitutes was examined 
at 5 and 11 weeks using histology. It was shown that hydroxyapatite and titanium both had an 
increase of bone ingrowth with more bone in the shock wave group compared to the control 
group, whereas resorption was seen in tricalcium phosphate bone substitutes over time and 
this was insensitive to shock wave treatment. In conclusion, hydroxyapatite and titanium bone 
substitutes favour from shock wave treatment, whereas tricalcium phosphate does not. This 
study shows that osteoinduction and osteointegration of bone substitutes can be influenced 
with unfocused shock wave therapy, but among other factors depend on the type of bone 
substitute, likely reflecting its mechanical and biological properties.
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INTRODUcTION

Bone is an adaptive tissue, which is able to regenerate in a self-regulated process. Unfortu-
nately, the capacity of bone regeneration is limited. In certain cases a bone defect may not heal 
and a non-union develops (86). The treatment of such cases is a clinical challenge and sometimes 
demands the use of a synthetic bone substitute material, due to the limited availability and 
possible complications of autografts or allografts (289).

Popular bone substitutes in the clinic are porous tricalcium phosphate (TCP) and hydroxy-
apatite (HA), which are both biocompatible, biodegradable, and meant to be osteoconductive 
as they are made of materials that are part of the natural bone matrix (88). Titanium and tita-
nium alloys are well-established biocompatible materials in orthopaedic practice that could be 
employed as bone substitutes as well and provide immediate mechanical support (44).

The major drawback of bone substitutes is their limited osteoinductive properties (277). An 
alternative method to enhance bone regeneration in bone substitutes might be the applica-
tion of extracorporeal shock waves (ESW). ESW are high-energy acoustical waves that showed 
stimulation of angiogenesis and osteogenesis in animal experiments (290, 291). ESW are clinically 
used for the treatment of non-unions (292), and other musculoskeletal conditions (293). Unfocused 
extracorporeal shock waves (UESW) differ from original ESW in that they are produced in a 
non-focused or more parallel bundle, which enables treatment of larger (skeletal) areas (294) 
and thereby being optimally suited for large bone defects. In previous studies, distinct osteo-
inductive effects of bone were shown with UESW in healthy and osteoporotic rats (64, 68). Shock 
wave therapy can be applied directly after surgical placement of a bone substitute and thereby 
enhance osteoinduction or osteointegration.

In the current study we examined if treatment with UESW of TCP, HA or titanium as a bone 
substitute material, stimulates bone ingrowth.

MaTERIaLS aND METhODS

Study design
Male Wistar rats (Charles River, Sulzfeld, Germany) were housed in pairs under strict supervi-
sion in the animal facility of the UMC-Utrecht. Animals received standard food pellets and 
water ad libitum and were kept under climate-controlled conditions (21ºC; 12h light/ 12h 
darkness). At the age of 16 weeks and after 7 days of acclimatization (weight = 340-370 gram), 
a 6-mm critical-sized segmental bone defect was created in the right femur of each rat.(44) Sub-
sequently, one of the three bone substitutes; TCP, HA, or titanium was implanted in the defect. 
Two and four weeks after the implantation, half of the bone substitutes were treated with 
1.500 unfocused electrohydraulically generated shock waves (Orthowave 180c; MTS medical, 
Konstanz, Germany). Rats were euthanized after 5 or 11 weeks with an overdose of barbitu-
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rates (phenobarbital; 200 mg/kg body weight, TEVA Pharma, Haarlem, The Netherlands) and 
the bones were analysed with micro-computed tomography (microCT) and histology (Fig 1). 
These end points were chosen as we want to find an explanation for any differences in bone 
formation directly after the shock waves were applied (five weeks) and after a longer amount 
of time. After eleven weeks we would expect a significant difference in bone formation in this 
model if there would be any difference (43, 125). The protocol was approved by the animal ethics 
committee of the institution (DEC Utrecht, http://dx.doi.org/10.17504/protocols.io.pv5dn86) 
in accordance with the national laws on animal experiments.

Each bone substitute group consisted of 20 animals, with 16 animals in an 11-week follow-
up protocol of which 8 were in an UESW-treated group and 8 served as non-treated controls, 
and 4 animals in a 5-week follow-up protocol, used for histology at this intermediate time point 
(2 UESW-treated and 2 control).

Fig 1. Schematic set-up of the study.
An overview of all procedures and measurements performed during the eleven week follow-up.

Surgical procedure
The surgeries were performed aseptically under general anesthesia (1-3.5 % isoflurane, AST-
Farma, Oudewater, The Netherlands). Briefly, the right hind leg was exposed and a 23 mm long 
polyether ether ketone plate was fixed to the anterolateral plane of the femur.(44) A 6-mm cortical 
bone segment was removed with a wire saw using a saw guide (RISystem, Davos, Switzerland). 
Subsequently, a TCP, HA or titanium bone substitute was implanted press-fit into the defect. 
Fascia and skin were sutured in layers using Vicryl Rapide 5-0. Subcutaneous pain medication 
(buprenorphine, 0.05 mg/kg body weight, AST-Farma, Oudewater, The Netherlands) was given 
pre-operatively and twice a day for the following three days to both UESW and control animals. 
Before surgery, rats received a single dose of antibiotics (enrofloxacin; 5mg/kg body weight, 
Bayer, Mijdrecht, The Netherlands).

Bone substitutes
The three porous bone substitutes β-tricalcium phosphate (TCP), hydroxyapatite (HA) and 
titanium (titanium) were cylinders with a height of 6 mm, outer diameter of 4 mm, and inner 
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diameter (endosteal canal) of 1 mm (Fig 2). TCP was produced with a 100-500 μm pore size and 
70 % porosity (ChronOS™, Synthes, Oberdorf, Switzerland) and HA with a 100-1500 μm pore 
size and 45-85 % porosity (Endobon®, Biomet, Warsaw, Indiana). Titanium was produced from 
Ti6Al4V-ELI powder (ASTM B348, grade 23) using direct metal printing (DMP, ProX DMP 320, 3D 
Systems Layerwise, Leuven, Belgium). The porous architecture was based on a dodecahedron 
unit cell with a 240-730 μm pore size and 85 % porosity. All titanium implants underwent a 
post-production alkali-acid-heat treatment (45).

Fig 2. The three different bone substitutes.
Tricalcium phosphate (TCP), hydroxyapatite (HA) and titanium bone substitutes were implanted in a 6-mm critical-sized seg-
mental bone defect.

Unfocused shock wave therapy
Two weeks after the surgery, half of the bone substitutes were treated with 1500 unfocused 
electrohydraulically generated shock waves, which are not radial shock waves, but defocused 
shock waves. These were applied at an energy level of 10 kV with an energy flux density of 
0.3 mJ/mm2 (Orthowave 180c; MTS medical, Konstanz, Germany). Both number and energy 
setting of the shock waves were chosen based on previous experiments (64, 68). With the use of 
unfocused shock waves, larger skeletal areas can be treated, which also enables application in 
large bone defects. Shock wave treatment was performed two weeks after placement of the 
bone substitutes as we believed that immediate shock wave treatment would interfere with the 
bone regeneration due to the operative procedure. After administration of pain medication, 
animals were placed under general anesthesia on their left dorsal-lateral side to treat the right 
leg. The hind leg was shaved and an ultrasonic gel was applied as coupling media between the 
applicator and the skin. The shock wave head was positioned at the anteromedial side of the 
hind leg and moved 180º around the mid-diaphysis of the femur. The focal area of the shock 
wave is 3.8 cm2 as to ensure the bone defect with the bone substitute as well as the distal and 
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proximal femora are treated. Two weeks later the treatment was repeated, as we had seen in 
these previous experiments that the effect on bone formation subsided after two weeks (65, 68). 
Another treatment could again trigger bone formation. On top of that, it is clinically known that 
non-unions treated with these kind of shock waves make fusion after one or two treatments 
(292). Control animals were not treated with UESW. Subcutaneous pain medication was given 
twice a day for three days.

MicrocT scanning
For the three types of bone substitutes, pore size, strut thickness, and porosity were deter-
mined by microCT scanning. To measure bone ingrowth, repetitive in vivo microCT scanning of 
the femora were obtained under general anesthesia (1-3.5 % isoflurane) from all animals at 0, 
2, 4, 6, 8 and 11 weeks after the implantation. If UESW was applied, the microCT scanning was 
done in the same anesthesia session (at 2 and 4 weeks). In supine position, the hind leg of the 
rat was fixed, allowing scanning of the femur with microCT (scan time of 3 minutes, voxel size 
of 42 μm3, tube voltage of 90 kV, tube current of 180 mA, Quantum FX; PerkinElmer, Waltham, 
MA, USA).

From all datasets, net volume change in the calcified matrix in the 6-mm defect site (region 
of interest, Fig 3) was determined using ImageJ (NIH, Redwood Shores, CA, USA). Since HA, TCP, 
and bone have approximately the same density, the scan results could not be directly translated 
into bone loss or bone formation. Therefore, the net volume of the calcified matrix (in mm3) 
was represented as the sum of newly formed bone plus the bone substitute (HA or TCP), which 
may have resorbed in time. As the region of interest only contains calcified matrix or soft tissue, 
the net volume fraction of the calcified matrix within that region could be determined from 
the mean grey value. The volume fractions of the calcified tissue in the region of interest were 
measured over time and compared to the initial volume fraction at the baseline.

Fig 3. MicrocT analysis.
The red dotted area is the region of interest of microCT measurements.
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Histological evaluation
Histological evaluation was performed on two femora per group for both 5-weeks and 11-weeks 
follow-up groups. We used this small amount of animals only to describe the histology to find 
a possible explanation about the process of bone formation. Samples from the 11-week group 
were chosen to represent the mean of the whole group based on the net volume change of 
the calcified matrix determined earlier in the microCT. The samples were kept in a 4 % neutral 
formalin buffered solution for 1 week. Titanium samples were dehydrated in ethanol series 
(70-100 %) and embedded in methyl methacrylate. Sections in the coronal plane (thickness 
~20 µm) were obtained using a diamond saw (Leica SP1600; Leica microsystems, Son, The 
Netherlands) and stained with 1 % methylene blue (Sigma-Aldrich, Zwijndrecht, The Nether-
lands) and 0.3 % basic fuchsin solution (Sigma-Aldrich, Zwijndrecht, The Netherlands) to stain 
bone pink and fibrous tissue blue. Serial sections (across the middle) were then screened for 
bone formation and bone-implant contact. HA and TCP samples were decalcified in 10 % EDTA 
in phosphate buffered saline solution (pH 7.4) for 8 weeks and were dehydrated in graded 
ethanol solutions (70-100 %) and xylene before embedding in paraffin. From the paraffin-
embedded samples, sections of ~6 µm were obtained using a microtome (Microm HM340E; 
Thermo Fischer Scientific, Waltham, MA, USA). Overall appearance and new bone formation 
through serial sections (across the middle) were evaluated using H&E staining (Sigma-Aldrich, 
Zwijndrecht, The Netherlands).

An endothelial cell marker that indicates vessel-structures was determined by CD34 stain-
ing. Briefly, proteolysis mediated antigen retrieval was performed by 30 minutes incubation at 
37° with 0.1 % trypsin (Sigma-Aldrich, Zwijndrecht, The Netherlands). Endogenous peroxidase 
activity was blocked by incubating samples for 10 minutes in 0.3 % H2O2. After blocking with 
5 % PBS-BSA for 30 minutes at room temperature, CD34 antibody was incubated with 10 % 
normal goat serum for 1 hour at room temperature (1:200, AF4117; R&D Systems, Oxon, United 
Kingdom). After washing steps, all samples were incubated in 1 % PBS-BSA with a HRP labelled 
secondary antibody (1:200, Dako, P0449) for 30 minutes at room temperature. The labelling 
was visualized with diaminobenzidine as substrate. Sections were then counterstained with 
haematoxylin.

Vascularization was also examined at 5-weeks follow-up with the use of a silicone injection 
compound with radiopaque contrast, next to the CD34 staining. For the 5-weeks follow-up 
group (2 animals per group), a catheter was placed under general anesthesia (1-3.5 % isoflurane 
in oxygen) in the aorta abdominalis at the end point. First, 50 ml of 0.9 % normal saline and 
then 100 ml of Papaverine solution (Sigma-Aldrich, Zwijndrecht, The Netherlands) was injected 
followed by 50 ml of 0.9 % normal saline and 100 ml 10 % of 4 % neutral formalin buffered 
solution. After injection of a lead chromate radiopaque contrast agent (Microfil MV-120; Flow 
Tech, Carver, MA, USA), the compound was polymerized overnight at 4 ºC. The next day, femora 
were removed and immersed in 4 % phosphate-buffered paraformaldehyde.
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Statistical analysis
The data are presented as means and standard deviation unless otherwise indicated. In the 
analysis of the results of the microCT scanning, a mixed model was used to test for statistically 
significant differences between the UESW-treated and control bone substitutes (each bone 
substitute), while correcting for time effect using time as a random factor (SPSS 21.0 software 
IBM, Armonk, NY, USA). In addition, every time point for each bone substitute was analysed by 
t-tests. A p-value less than 0.05 was considered to indicate a statistically significant difference.

RESULTS

Animals had an average weight of 414 g (SD 56 g) at the time of implantation and during follow-
up, there was an average increase of 30 g (SD 21 g) after 5 weeks and 56 g (SD 17) after 11 
weeks and no significant differences in weight between UESW or control or between the bone 
substitute groups. One animal in the 11-weeks follow-up group (TCP) died due to anesthesia 
problems. No differences in physical activity were observed before and after treatment be-
tween the UESW-treated and control legs. No adverse events were seen in both treated and 
untreated legs.

MicrocT analysis
TCP had an average strut size of 143.9 µm (SD 14.8), an average pore size of 267.9 µm (SD 85.0 
μm), and a porosity of 43 %. HA had an average strut size of 182.5 µm (SD 12.4), an average 
pore size of 365.2 µm (SD 48.1 μm), and a porosity of 67 %. Porous titanium had an average 
strut size of 210.5 µm (SD 0.2), an average pore size of 243.9 µm (SD 0.4 μm), and a porosity 
of 79 %. The changes in net calcified matrix after 11 weeks were overall significantly different 
between the three bone substitutes (p = 0.029) and over time (p < 0.001).

TCP bone substitutes showed an increase in net calcified matrix in the first two weeks after 
implantation (Fig 4, TCP), followed by continuous decrease in net calcified matrix within the ROI 
up to a net loss of 11.4 mm3 (SD 13.6) calcified matrix at end point 11 weeks after implantation. 
No difference in net calcified matrix was observed between the UESW-treated and non-treated 
controls during the 11-week follow-up period (mean difference 0.74, CI -4.91 - 6.39, p = 0.795).

HA bone substitutes showed continuous increase in net calcified matrix over time (Fig 4, 
HA) with a difference between the UESW-treated and control animals, although over time no 
statistically significant level was reached (mean difference 5.11 mm3, CI 0.4261 - 10.6525, p = 
0.070). Per time point t-tests, however, did reach significance at 4 and 6 weeks. At 4 weeks, 
the net calcified matrix was 13.8 mm3 (SD 5.1) in UESW and 9.3 mm3 (SD 2.3) in non-treated 
controls (p = 0.039) and at 6 weeks, the net calcified matrix was 24.8 mm3 (SD 9.7) in UESW and 
only 14.7 mm3 (SD 6.4) in non-treated controls (p = 0.028). At end point, the net calcified matrix 



8

Shock wave therapy for osteoinduction 137

was 32.7 mm3 (SD 15.2) in the UESW-treated animals versus 23.1 mm3 (SD 5.0) in non-treated 
animals; an increase of 42 % after shock wave therapy.

Titanium bone substitutes showed the highest increase in bone formation over time (Fig 
4, Titanium) with 34.5 mm3 (SD 21.4) for treated animals compared to 26.5 mm3 (SD 12.5) for 
non-treated animals at 11 week after implantation. During follow-up, the average bone forma-
tion was higher in the UESW-treated animals as compared to non-treated controls at each time 
point, but this was not statistically different at any given time point nor in the mixed model 
over time (p = 0.138) with a mean difference of 6.23 mm3 (CI -2.04 - 14.50). The highest mean 
difference was noticed at 6 weeks with a mean difference of 12.3 mm3 (CI 5.8-18.9, p = 0.081).

Fig 4. MicrocT results.
Net volume change of the calcified matrix over time in TCP, HA and titanium bone substitutes. Lines present UESW treated 
(solid line) and untreated (dotted line) averages with standard deviation. * indicates p<0.05

Ex vivo microcT analysis and histology
Histology at five weeks and at the end point (week 11) confirmed an increase in bone formation 
for the UESW-treated HA and titanium bone substitutes. Resorption of TCP with foreign body 
giant cells was clearly visible in both treated and non-treated samples (Fig 5C). Both TCP and HA 
samples showed macrophages around the bone substitute material after five weeks and in HA 
also still some after eleven weeks, mostly after UESW as compared to the non-UESW controls 
(Fig 5A&B). HA samples also showed osteoblast after five weeks and after eleven weeks (Fig 
5B&D). The HA bone substitutes appeared somewhat disrupted after UESW, while untreated 
substitutes still maintained their original architecture (data not shown). The UESW-treated 
titanium bone substitutes also seemed to have some loose titanium particles (Fig 6A2). Both 
treated and untreated samples showed large amounts of fibrous tissue inside the implants, 
which was even clearer in the untreated controls (Fig 6A). At end point of the study (11 weeks 
after implantation), bone ingrowth was clearly noticed in the titanium pores with clusters of 
osteoblasts, where the newly formed bone was in close contact with the titanium bone sub-
stitute (Fig 6B). The UESW-treated samples still showed considerable osteoid, indicating that 
maximum bone ingrowth was not reached yet after 11 weeks (Fig 6B2).



138 Chapter 8

MicroCT reconstructions over time showed most bone formation at the proximal side of 
the defect, which was confirmed with bone formation observed from histology (Fig 7). Most 
bone was formed at 6 weeks, 2 weeks after the second UESW treatment, in and around HA and 
titanium bone substitutes (Fig 7D&F). Bone formation in TCP was outside the bone substitute 
(Fig 7A&B), whereas in HA and titanium more bone was growing over time inside the bone 
substitute (Fig 7C-F). None of the defects were completely bridged.

Vascularisation did not show any difference between treated and untreated TCP bone sub-
stitutes with respect to CD-34 staining (Fig 8A&C). The UESW treated HA samples showed less 

 Fig 5. Histology of TCP and HA bone substitutes.
Representative pictures of H&E staining taken from the middle of the scaffold. B = bone, BS = bone substitute, G = giant cells, 
M = macrophages, OC = osteoclasts, OS= osteoblasts, UESW= unfocused extracorporeal shock waves.
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vessel formation after five weeks (Fig 8B1&B2). On inspection, it seemed like less Microfil was 
found after shock wave therapy in the titanium substitutes compared to the non-shock wave 
treated titanium bone substitutes (Fig 6A1&A2). As only two animals per group were used for 
histology and Microfil, no conclusions can be drawn using these methods.

DIScUSSION

The current study provided, for the first time, that UESW can improve bone regeneration in 
bone substitutes. Furthermore, this study shows that the effects of UESW depend on the type 
of the bone substitute. Both HA and titanium bone substitutes showed a consistent effect of 
shock wave therapy on bone formation, while the TCP bone substitutes did not respond to 
shock wave treatment.

It should be emphasized that the primary outcome in this study was the microCT analysis to 
determine the amount of bone change in the bone substitutes. There were only 8 animals per 
group with a rather large variation in bone formation at 11 weeks follow-up within each group. 
Although we consider the differences between UESW and control as (clinically) relevant, the 
sample size and variation provided p-values of 0.070 and 0.138, for HA and titanium respec-
tively in the mixed models (variables time and group). Titanium bone substitute had most bone 
ingrowth from all tested bone substitutes. This was also observed in an earlier study (44), and 
might be related to high stiffness and mechanical stability of the titanium scaffold leading to an 
environment that stimulates bone growth (5). It could also be due to its relatively high porosity 
in comparison to TCP or HA (295).

Fig 6. Histology of titanium bone substitutes.
Overviews and zoomed (red box) pictures of titanium implants stained with basic fuchsin and methylene blue of sections 5 
weeks (A) and 11 weeks (B) after implantation. Black arrows indicate loose titanium particles. Red arrows indicate blood vessels, 
which are filled with blue Microfil 5 weeks after implantation. B = bone, BM= bone marrow, F = fibrous tissue, O = osteoid, T = 
titanium, UESW= unfocused extracorporeal shock waves.
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Fig 7. Representative longitudinal microCT scans of the femur illustrating the bone regeneration process.
In HA and Titanium UESW treated bone substitutes there was already a raise of bone formation (red arrows) just after treat-
ment compared to controls. Bone formation is observed outside (solid arrows) and inside (dotted arrows) bone substitutes. Red 
arrows indicate a raise of bone formation just after shock wave treatment. UESW= unfocused extracorporeal shock waves. A = 
TCP UESW -, B = TCP UESW +, C = HA UESW -, D = HA UESW +, E = Titanium UESW -, F = Titanium UESW +.
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Interestingly, the positive effect as a consequence of UESW in the HA and titanium bone 
substitutes was the highest shortly after the second treatment. This direct effect of shock wave 
therapy was described before in other animal models (64). However, the bone gaining effect 
did not continue until the end point of this study at 11 weeks after implantation of the bone 
substitutes. In an earlier study, bisphosphonates prevented subsequent resorption, causing a 

Fig 8. Histology of TCP and HA bone substitutes.
Representative pictures of CD-34 staining (brown) taken from the middle of the scaffold. Blue indicates vessels by Microfil 
which was only used at end point 5 weeks after implantation.          M = Microfil, UESW= unfocused extracorporeal shock waves, V 
= vessel.
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larger long-term anabolic effect (68). Another intriguing observation was that the amount of 
blood vessels shortly after treatment appeared somewhat lower in shock wave treated HA and 
titanium samples. This might be due to the different types of tissue which were present at that 
time point inside the defect or this appearance might be incorrect due to the low number of 
animals that were used.

Bone formation around the TCP implants was not affected by UESW. Maybe TCP resorbs too 
fast over the time period of 11 weeks, which might be due to the foreign body reaction (296). This 
resorption might overwhelm the anabolic effects of UESW. Another explanation could be that 
TCP has a lower porosity making it more difficult for the bone to grow in, thereby obscuring the 
UESW trigger (295).

It seems likely that differences in bone formation after shock wave therapy between the 
bone substitutes are due to a combination of biological and mechanical responses of the materi-
als (72, 297), among other factors. Most of the energy of the UESW is taken up at the interfaces 
where bone and bone substitute join with different elastic moduli (72, 293). Although the effects 
of UESW on HA and titanium bone substitutes were variable, it provided an average increase in 
bone ingrowth of 36 % relative to the non-UESW treated animals, which is clinically relevant. 
Other important clinical factors for bone healing like the mechanical strength of the bone formed 
were unfortunately not tested but we do know that the more bone is formed, the higher the 
mechanical strength is (43). Currently, bone substitutes are often used in osteoporotic fractures 
for example at the site of the tibia plateau, distal tibia, calcaneus and distal radius fractures (88). 
Furthermore, stimulation of bone ingrowth and regeneration might be welcome in clinical situa-
tions with the use of trabecular titanium, e.g.e.g. in large acetabular or femoral condyle defects 
in complicated hip and knee revision arthroplasty. In this case it might be favourable to use un-
focused, or also called defocused, shock waves, as we did. Although it is not clear what the effect 
would be with the use of focused shock waves. However, with the use of unfocused shock waves 
larger skeletal areas can be treated, which enables application in these bone defects treated 
with bone substitutes. Further research needs to be performed to investigate these differences. 
The same accounts for the frequency and intensity; other settings might influence the results.

Shock wave therapy appeared to be safe without side effects apart from transient local 
redness and petechiae. However, shock wave therapy can be painful, and local or systemic 
anesthesia is required. For many applications UESW could be applied during primary surgery 
when a bone substitute is being placed. Moreover, a way to standardise the application of 
shock waves should be established, which would probably reduce the great variation in out-
come noticed in the current study.

To conclude, we showed that UESW applied in the post-operative phase of HA or titanium 
bone substitutes stimulate bone formation and thereby might improve fixation and stability of a 
bone substitute. As such, UESW might provide faster rehabilitation with earlier load bearing of the 
operated site. Furthermore, the clinical application of UESW is relatively safe. The current results 
justify further research to test UESW in a larger and more relevant model or in clinical settings.
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aBSTRacT

Screw fixation in osteoporotic patients is becoming an increasing problem in orthopaedic 
surgery as deterioration of cortical and cancellous bone hamper biomechanical stability and 
screw fixation. This might result in delayed weight-bearing or failure of instrumentation. We 
hypothesized that local peri-operative shock wave treatment can optimize osseointegration 
and subsequent screw fixation. In eight female Wistar rats, two cancellous and two cortical 
bone screws were implanted in both femora and tibiae. Immediately after implantation, 3.000 
unfocused extracorporeal shock waves (energy flux density 0.3 mJ/mm2) were applied to one 
side. The other side served as non-treated internal control. Evaluation of osseointegration was 
performed after 4 weeks with the use of microCT scanning, histology with fluorochrome label-
ling and pull-out tests of the screws. Four weeks after extracorporeal shock wave treatment, 
treated legs exhibited increased bone formation and screw fixation around cortical screws as 
compared to the control legs. This was corroborated by an increased pull-out of the shock wave 
treated cortical screws. The cancellous bone screws appeared not to be sensitive for shock 
wave treatment. Formation of neocortices after shock wave therapy was observed in three of 
eight animals. Furthermore, de novo bone formation in the bone marrow was observed in some 
animals. The current study showed bone formation and improved screw fixation as a result of 
shock wave therapy. New bone was also formed at locations remote from the screws, hence, 
not contributing to screw fixation. Further research is warranted to make shock wave therapy 
tailor-made for fracture fixation.
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INTRODUcTION

The increasing aging population results in a higher incidence of musculoskeletal degenerative 
diseases like osteoporosis (298, 299). The reduced bone mass density and deterioration of the 
bone micro-architecture in elderly often leads to bone fragility and a high risk of bone fractures 
(300-302).

Osteoporotic fractures can have a devastating effect on the quality of life, because of 
temporary or permanent loss of function and complications (301, 303, 304). Mortality rates in these 
patients are increased, which is mostly due to co-morbidities and complications of the opera-
tive procedures and not due to the fracture itself (301). One of the complications is failure of 
instrumentation and non-union related to impaired screw fixation in diminished bone stock 
(305-307). Therefore, there is a strong demand for improvement of fracture fixation in osteoporotic 
bone (305, 308).

Many surgical treatment options for improvement of stabilization of osteoporotic fractures 
have been developed during the last few decades. These options are technique-related, such 
as bone impaction, buttress fixation or lever-arm modification or implant-related, such as fixed-
angle devices, locking plates, coating of implants, use of different implant materials, screw 
positioning or cement augmentation (309-311). There are also bone-related options, like the use 
of BMP’s or bisphosphonates . These surgical improvements have led to reduced chance of 
implant failure and complications in fracture fixation (312). However, failure of fixation still occurs 
and depending on the place and type of fracture and the operation performed, it could reach 
up to 30 % failure rate (310, 313-317).

Good fixation of screws and plate osteosynthesis is hampered by low bone mass, especially 
cortical thinning (80, 310). Screw pullout is significantly associated with bone mineral density (BMD) 
(318) or more precisely with the contact area between implant and bone (319). Biomechanical im-
provement of screw fixation will lead to fewer complications and will expedite weight-bearing 
activities, an important issue for rehabilitation of elderly patients. Enhancing local bone stock 
by increasing the cortical and cancellous bone volume might therefore lead to improved screw 
fixation and optimized plate fixation (320, 321).

A novel approach that may overcome the problem of diminished bone is improvement of 
the local bone stock with extracorporeal shock wave therapy. In small animal models it was 
demonstrated that a single treatment with unfocused extracorporeal shock waves (UESW) pro-
vides a pronounced increase in cortical and cancellous bone volume (64, 65). Clinical trials show 
positive results for the treatment of non-unions (292, 322-325), and other musculoskeletal diseases 
(326, 327). We hypothesize that peri-operative shock wave treatment can improve screw fixation 
and osseointegration. In this study we demonstrate the effect of peri-operative treatment with 
UESW on bone formation around cortical and cancellous screws in rats with use of microCT 
scanning, histology and pullout tests.
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METhODS

Study design
Eight female Wistar rats (Charles River, Sulzfeld, Germany) were housed paired under strict 
supervision in the animal facility of the University Medical Center Utrecht. Animals received 
standard food pellets and water ad libitum, and were kept under climate-controlled conditions 
(21ºC; 12 h light/12 h darkness). At the age of 16 weeks, the rats received two sterile unicorti-
cal metaphyseal (so-called cancellous) screws and two bicortical diaphysial (so-called cortical) 
screws in each hind leg. During the same procedure they received unfocused extracorporeal 
shock waves to one leg, whereas the other side served as non-treated internal control. Rats 
were sacrificed after 4 weeks with an overdose of barbiturates (phenobarbital; 200 mg/kg 
body weight, TEVA Pharma, Haarlem, The Netherlands) and the bones were analysed with 
microCT, histology and biomechanical tests. The research protocol was approved by the animal 
experiments committee of the institution (104729-1/2013.III.11.074) and is in accordance with 
national law on animal experiments.

Surgical procedure
Two types of screws insertions were used to represent the typical cortical and cancellous 
screws. Two cortical screws of 0.84 x 6.5 mm were implanted in the diaphyseal femur, bicorti-
cally. The two cancellous screws of 0.84 x 5.7 mm were placed unicortically in the distal femur 
and proximal tibia metaphyses. All screws were made from a titanium alloy (Ti6Al4V grade 
5; Mikro-präzision, Meinerzhagen, Germany) with a core of 0.74 mm, and a pitch of 0.2 mm. 
Screws were implanted 7 days after acclimatization of the rats in the animal facility. Surgical 
procedures were performed aseptically under general anaesthesia (1-3.5 % isoflurane, AST 
Farma, Oudewater, The Netherlands). Before surgery, rats received a single dose of antibiotics 
(enrofloxacin; 5mg/kg body weight, Bayer, Mijdrecht, The Netherlands). Briefly, both hind legs 
were shaved from ankle to hip. The right femur was exposed through a lateral skin incision and 
dissection of soft tissue and division of underlying fascia. The periosteum was not manipulated. 
A 0.79 mm hole was drilled 3, 15 and 25 mm proximal from the distal growth plate of the femur 
to implant one unicortical cancellous screw and two bicortical cortical screws, respectively. 
Thereafter, the medial proximal tibia was exposed in the same manner and 3 mm distal from 
the proximal growth plate another cancellous screw was inserted (Fig. 1). Fascia and skin were 
sutured in layers using Vicryl Rapide 5-0.

Unfocused shock wave therapy
Directly after screw implantation one leg was treated with unfocused, electrohydraulically 
generated shock waves (Orthogold 180c; MTS Medical, Konstanz, Germany). The animal was 
placed on its left dorsal-lateral side to treat the right leg. An ultrasonic gel was applied as cou-
pling media between the applicator and the skin. Because the treatment area of the applicator 
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is 3.8 cm in diameter, the region of the diaphyseal femur and the region of the distal femur and 
proximal tibia were treated subsequently (Fig. 1). The applicator was moved 180º around the 
mid-diaphysis of the femur and at the region around the knee, to make sure all bone received 
an equal amount of energy. At both regions 1.500 UESW with an energy flux density of 0.3 mJ/
mm2, and an energy level of 10 kV were applied (68, 323). The contralateral leg served as a control 
and was not treated. Subcutaneous injections of pain medication (buprenorphine, 0.05 mg/kg 
body weight, AST Farma, Oudewater, The Netherlands) were given twice a day for three days.

Figure 1. Experimental set-up.
3D micro-CT image indicating positions of the implanted screws (red arrows), and the shock wave device.

MicrocT scanning
Micro-computed tomography (microCT) scanning of the femora and tibiae were made to mea-
sure osseointegration of the screws. At baseline, this was performed in vivo directly after UESW 
treatment when the rats were still under anesthesia in the operating room. In supine position, 
the hind legs of the rat were fixed, allowing scanning of both the distal femur and proximal 
tibia, using a microCT imaging system (Quantum FX; PerkinElmer, Waltham, MA, USA). Three 
minutes of scan time was required per bone for an isotropic voxel size of 42 μm (voltage 90 kV, 
current 180 mA, field of view = 21 mm). After 4 weeks at endpoint this was repeated ex vivo 
after the rats were sacrificed.

All datasets were aligned. A cylindrical region of interest (ROI) with a diameter of 1,5 mm 
closely around the screw was selected (Fig. 2). The ROI was segmented with a global threshold. 
Bone volume (BV) was measured in mm3 around the whole screws (Fig. 2a, c), as well as in 
the central portion of the marrow in both the cortical and cancellous screws (Fig. 2b, d), using 
image processing software (Image-J; Java, Redwood Shores, CA, USA).
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Figure 2. MicrocT analysis.
Region of interest (blue) of osseointegration around a screw on microCT scans. Scale bar is 1 mm.

Biomechanical testing
Biomechanical pullout tests were performed to evaluate screw fixation quantitatively. After 
harvesting the femora and tibiae were sawed in separate bone parts each with one screw. 
From each hind leg one screw of each type was stored in a tissue soaked in phosphate buffered 
saline at -20ºC to perform biomechanical testing afterwards. These samples were thawed one 
hour before pullout test. The screw head of each specimen was captured and connected to 
a universal material testing system (ElectroPuls E10000 Instron, Norwood, MA, USA) with a 
load cell of 1 kN. The specimens were placed in a custom-made holder (Fig. 3) and the screw 
was pulled out of the bone at a displacement rate of 2 mm/min. Force-displacement curves 
were recorded until the screws where pulled out of the bone and the maximal pull out force 
determined in Newton (N).

Figure 3. Schematic overview of the pullout test.
The head (blue) and the stabilization part (black) of the pull out device were used to perform the screw (black) pull out test 
with the force (red arrow) upwards.
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Histological evaluation
The remaining two screws of each leg were used for undecalcified histology. These samples 
were kept in a 4 % neutral formalin buffered solution for 1 week, dehydrated in ethanol series 
(70-100 %) and embedded in methyl methacrylate. Sections in the coronal plane of ~ 20 µm 
were obtained using a diamond saw (Leica SP1600; Leica microsystems, Son, The Netherlands) 
and stained with 1 % methylene blue (Sigma-Aldrich, Zwijndrecht, The Netherlands) and 0.3 
% basic fuchsin solution (Sigma-Aldrich, Zwijndrecht, The Netherlands) to stain bone pink and 
fibrous tissue blue. Serial sections (across the middle) were then screened for bone formation 
and bone-implant contact.

Fluorochrome labelling
To visualize the dynamics of bone formation in time, fluorochrome labels were given post-
operative (green label: calcein green 25 mg/kg; Sigma-Aldrich, Zwijndrecht, The Netherlands), 
after 10 days (orange label: xylenol orange 100mg/kg; Sigma-Aldrich, Zwijndrecht, The Neth-
erlands) and after 20 days (yellow label: oxytetracycline 25mg/kg; Merck, Amsterdam, The 
Netherlands). To visualize the fluorochrome labels unstained sections were analysed with a 
quatripple filter block.

Statistical analysis
In the analysis of the results of the microCT scanning, average difference between bone forma-
tion in one leg at the start and the end of the experiment were assessed with the use of paired 
t-test for each type of screw, in which the treated and control legs (average of 2 screws of each 
type) served as a pair (SPSS 21.0 software IBM, Armonk, NY, USA). In the analysis of the results 
of the biomechanical testing, differences between pull out force for treated and control screws 
at the end of the experiment were assessed with the use of unpaired t-test for each screw type. 
Paired testing was not possible in the biomechanical tests due to a high drop-out rate for the 
treated screws, which could not be tested adequately as a consequence of over growth of bone 
over the screw head.

RESULTS

At time of implantation and UESW treatment, mean bodyweight of the rats was 306 g (SD 26) 
and increased to 311 g (SD 25) after 4 weeks. No difference in physical activity was observed 
preoperatively and postoperatively between the UESW treated and control legs. No adverse 
events were seen in both treated and untreated legs.
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MicrocT analysis
Bone volume could not be measured around three screws on the treated side of one animal as 
both cancellous screws were accidentally placed at a wrong location and one cortical screw was 
placed oblique. This leaves fourteen treated and sixteen untreated cortical screws and fifteen 
treated and sixteen untreated cancellous screws for analysis.

For the bi-cortical screws, UESW resulted in a borderline significant increased bone forma-
tion four weeks after surgery compared to non-treated controls when analysed around the 
whole screw (p=0.051) (Fig. 4a). In four weeks an increase in bone volume of 5.6 % was seen 
in the treated legs as compared to an increase of 3.6 % (SD of difference 3.4) in the untreated 
control legs.

Around the central part (marrow space, Fig. 2b) of the cortical screws no difference was 
observed between UESW treated and controls. In UESW treated legs BV decreased by 1.3 % 
compared to a decrease of 2.2 % in the untreated legs (SD of difference 9.5) (Fig. 4a).

Bone volume around cancellous screws measured around the entire region of the screw as 
well as in a central region only, did not show a significant difference (Fig. 4c and 4d).

Figure 4. MicrocT analysis.
Bone volume in specified areas (a & c: around the whole screw, b & d: around the screw in the marrow) around cortical (a, b) 
and cancellous (c, d) screws in control (UESW-) and treated (UESW+) samples over time.
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Biomechanical testing
Three UESW treated samples (one cortical and two cancellous screws) could not be tested due 
to excessive bone over growth that embedded the head of the screws. Another four treated 
samples (two cortical and two cancellous screws) and one untreated sample (cancellous screw) 
could not be used for biomechanical testing due to human error during the tests, leaving a total 
of eleven cancellous and thirteen cortical screws for analysis.

Pullout force was significantly higher in UESW treated cortical screws (162.6 N, SD 21.9) 
compared to the untreated cortical screws (109.0 N, SD 12.7) (p=0.04) (Fig. 5). UESW treated 
and untreated cancellous screws showed no significant difference in pullout force (p=0.205) 
(Fig. 5).

Figure 5. Biomechanical testing.
Pullout load (in N) from cortical (left) and cancellous screws (right) in untreated (UESW-) and treated (UESW+) samples.

ex vivo microcT analysis and histology
On microCT reconstructions at four weeks after UESW treatment, cortical thickening at the 
periosteal side along the treated area was observed not only near the site of screw implan-
tation, but also further away from the implanted screws (Fig. 6). To a lesser extent cortical 
thickening was also observed near the site of screw implantation around the untreated screws. 
Along the cancellous screws decreased osseointegration was observed within the bone marrow 
in both UESW and untreated legs. Furthermore, de novo bone formation was observed after 
UESW treatment in some animals in the bone marrow between the proximal and distal cortical 
screws (Fig. 7).

With histology it is demonstrated that fibrotic areas exist inside the marrow of UESW 
treated legs, with remaining debris and more adipocytes than in untreated legs (Fig. 8). At the 
periosteal cortex of the treated legs osteoid and immature bone was found with osteoblasts, 
which suggest active bone formation (data not shown).
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Figure 6. MicrocT scans.
Representative micro-CT images of osseointegration of untreated (UESW -) and treated (UESW +) legs for different types of 
screws at endpoint (4 weeks). Blue arrows indicate periosteal bone formation near the screws. Red arrow indicates endosteal 
bone formation. Red dashed boxes show zones with limited bone around the screw in the marrow. Scale bar is 1 mm.

Figure 7. De novo bone formation
MicroCT scan showing de novo bone formation (blue arrows) in the marrow in the unfocused extracorporeal shock wave 
treated legs. Scale bar is 1 mm.
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Figure 8. Ex vivo histology.
Photomicrograph of methylene blue and basic fuchsin-stained bone marrow sections of untreated (UESW -) and treated (UESW 
+) legs, and close to the different types of screws at endpoint (4 weeks). Black arrows indicate multiple adipocytes. Scale bar 
indicates 50 um.

Fluorochrome labelling showed both endosteal and periosteal bone activity immediately 
(green label) after screw insertion around cortical and cancellous screws (data not shown for 
cancellous screws) with also periosteal bone formation at 10 days (orange label) (Fig. 9). In 
UESW treated bones more bone in the marrow seems to be formed around cortical screws 
and also at the periosteal side of the cortex (Fig 9, right). Periosteal thickening around the area 
of the screws seemed to be lower in controls as the orange label in the periosteal area is less 
extensive (Fig 9, left). Bone formation arrested around untreated cortical screws within 3.5 
weeks, as in none of the untreated legs yellow label was appearing (Fig 9, left). In contrast, the 
UESW treated samples showed yellow label at the endosteal side (Fig 9, right). Bone apposition 
around the cancellous screws was steady over time in both treated and untreated legs (data 
not shown).
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Figure 9. Fluorochrome labelling.
Light microscopy images of the fluorochrome labels around both treated and untreated screws. The green label was given 
directly after implantation, at ten days the orange and at 25 days the yellow label. The black arrow indicates bone mineraliza-
tion at 25 days just before termination at 4 weeks, present only around treated screws (yellow label). Red arrow shows more 
periosteal mineralization at 10 days after shock wave therapy (UESW +) compared to the control (UESW -). Scale bar is 500 µm.

Moreover, both microCT reconstructions (data not shown) and histology showed areas of 
neocortex formation in three out of eight animals only in the UESW treated side (Fig. 10). In 
these areas the neocortex was often separated from the existing cortex. The neocortex showed 
plexiform bone and was surrounded by fibrotic tissue. The starting point of neocortices forma-
tion were visible in microCT images, where it separates from the original cortex for a longer 
part and eventually joins again (data not shown).

Figure 10. histology.
Example of a neocortex after shock wave therapy (UESW +) at endpoint (4 weeks) around a cortical screw. Black arrow indicates 
the original cortex. Right figure is an enlargement of the dashed box in the left figure. Note the soft tissue layer between the 
old and neocortex at the red arrow. Scalebars are 500 and 100 µm.
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DIScUSSION

In this study we showed that peri-operative shock wave treatment can improve cortical screw 
fixation leading to improved biomechanical properties. The exact mechanism of biological 
response of shock wave therapy is unknown, but it is thought that the energy is absorbed over 
each interface or tissue with different elasticities (72, 328). These different tissues could deform 
(or displace) differently as a result of the shock wave, thereby causing mechanical deformation 
specifically at the tissue interface (329). Therefore, we expected that most of the effect of the 
shock wave would be present at the interface between the screw and the bone; exactly where 
osseous integration is needed (72). However, the effect of shock wave therapy in our model 
is mostly present at the periosteal site; another interface. These interface effects might be 
explained by the pulse direction, which was mainly parallel to the screw and orthogonal to the 
periost.

The effects of shock wave therapy seen in this study are in line with earlier experiments 
without implants (64, 65, 68, 291, 330-333). In earlier work in rats we observed a transient increase in 
trabecular bone volume after UESW with a peak in cancellous bone gain around 2 weeks after 
application of UESW (68). As such, the four-week follow-up in the current study might be too late 
to detect this fast cancellous bone response. However, if the new cancellous bone is formed 
close to the screw, we could expect that it would become part of the load-bearing tissue and 
thereby being prevented from resorption. Apparently this is not the case. We did observe de 
novo bone formation in the bone marrow after shock wave therapy, similar to earlier findings 
(64). The localization of this de novo bone formation, however, was not close to the screw and 
likely did not contribute to the improved screw fixation found in the pull-out tests.

Development of neocortices in three out of eight animals after shock wave therapy may be 
related to excessive periosteal reaction. A periosteal reaction is the response of the periosteum 
either to an insult causing a subperiosteal hematoma and affecting the underlying bone or to 
a generalized process (334). This could have multiple causes, like infection, fractures or tumors 
and has been described before in studies of focused extracorporeal shock waves (70, 332, 335). 
Although only at higher energy flux densities (332), which we did not use. However, in our study 
the implantation of a screw could have been an additional stimulus for inducing a neocortex. 
Shock waves may have triggered the conversion of progenitor cells to osteogenic precursor 
cells as a result of cell-mediated interactions with its surroundings (72). It is known that this 
could be affected by mechanical stimuli and also by fractures (336, 337). Although no fractures 
have been observed at the microCT scans and histology, there might have been micro-damage 
as a consequence of screw placement as well as UESW. In an earlier study in which the pres-
ence of shock wave induced micro-fractures in rats was studied specifically, no increase of such 
fractures could be observed [24]. Another possibility could be that UESW induces osteocytic 
cell death by a mechanism called cavitation (72). Pycnotic and empty lacunas were seen in the 
old cortex, after a neocortex was formed in some treated legs. This osteocyte death leads to 
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the stimulation of local bone remodeling via molecular signaling (e.g.e.g. reduced sclerostin 
signaling), so that osteoblasts are triggered to produce more osteoid, which would finally lead 
to a neocortex (338).

In this study, we have shown that a single treatment with UESW results in increased cortical 
bone formation around cortical screws. As such, UESW therapy can improve the local bone 
status when screws are placed in cortical bone. However, the effect on bone formation was not 
observed for cancellous bone.

The present study has several limitations. First, the differences between cancellous and 
cortical screws used were not the same as in the clinical situation as they are tailor-made for 
implantation in rats, in which we did not vary the pitch and inner and outer diameter. Further-
more, in vivo microCT scans and histology at an earlier time point could have provided more 
insight on the bone response, as at 4 weeks the effect on cancellous bone might have been 
vanished (68).

Since application of UESW in humans has been shown to be safe and the effects of UESW 
might be beneficial in osteoporotic fracture fixation a clinical pilot study seems justified. Finally, 
we have no information if the current shock wave application immediately after screw place-
ment is the most optimal timing, as it interferes with the initial (inflammatory) bone repsonse. 
Shock wave at later time point might be more effective as it might create a longer repair and 
adaption period.

In conclusion, UESW has potential of developing into a useful method to increase bone for-
mation. However, further research is required to achieve new bone formation more precisely 
around the screws, control neocortex and de novo bone formation.
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aBSTRacT

Unfocused extracorporeal shock wave therapy might stimulate bone formation to reduce the 
fracture risk. In this study we assessed the safety of unfocused extracorporeal shock wave 
therapy and its effects on bone mass. A clinical pilot study with twelve female patients free 
of bone disease undergoing elective surgery of the lower extremity or elective spinal surgery 
under general anesthesia received 3.000 electrohydraulic generated unfocused extracorporeal 
shock waves (energy flux density 0.3 mJ/mm2) to one distal forearm. The contra lateral fore-
arm served as a control. We examined the effect on bone mass with the use of repeated dual 
energy X-ray absorptiometry measurements and we measured patient discomfort around the 
therapy. No clinical relevant difference in bone mineral content and density was measured six 
and twelve weeks after therapy. Shock wave therapy occasionally caused transient erythema 
or mild hematoma, but no discomfort in daily life or (late) adverse events. Unfocused extra-
corporeal shock wave therapy is a safe treatment, but no clinically relevant increase in bone 
mass on the forearm was found at 0.3 mJ/mm2 energy flux density. So this study indicates that 
single treatment with unfocused shock wave therapy in unselected patients does not result in 
clinically relevant increase in bone density.
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INTRODUcTION

Osteoporosis is a disease characterized by bone loss and deterioration of the bone micro archi-
tecture, leading to a higher susceptibility to fractures. These fractures have a severe impact on 
patients well-being.(299, 302, 339)

In order to reduce osteoporosis related mortality and morbidity, fracture prevention and 
early diagnosis are the primary goals.(340) Today’s standard treatment is lifestyle modifications, 
supplementation of calcium and vitamin D in combination with bisphosphonates, which reduce 
osteoclastic driven bone resorption.(341) Although these drugs are effective, most have some 
limitations and side-effects that affect long-term administration and adherence.(342, 343)

In the search for an alternative, preferably anabolic therapy, we examined the application 
of extracorporeal shock waves (ESW), which showed a pronounced effect on bone mass, lead-
ing to relatively early improved biomechanical properties in previous studies in the rat tibia.
(64, 65, 68, 344)

Shock waves are acoustical pulses that are characterized by high amplitude (~500 bar) and 
short rise time (~20 ns), which are followed by a longer low-magnitude negative wave (~-100 
bar).(345) ESW are widely used to disintegrate kidney stones.(346) In orthopedics, shock wave 
therapy is used safely and effectively in a variety of musculoskeletal disorders like non-unions, 
osteonecrosis of the hip and tendinopathies.(347-350) Until recently, extracorporeal shock wave 
therapy for musculoskeletal disorders was applied focused, i.e. the waves converge in a focal 
point.(72) For the prevention of fractures in osteoporosis, a focused approach is not preferable 
because relatively large skeletal regions have to be treated. For the treatment of dermatologic 
pathologies generators that produce unfocused shock waves have been developed, which pro-
duce a parallel bundle, enabling a homogenous treatment of larger areas.(294) Skeletal sites, 
such as the distal radius and proximal femur, are particularly interesting candidates to examine, 
because they represent well known locations of osteoporotic fractures and are easy to reach 
for shock wave therapy.(300) When indeed bone density increase can be achieved at clinically 
relevant levels, this may be a non-invasive additive to today’s osteoporosis treatment or locally 
improve bone quality for better osteosynthesis. In the current clinical pilot study the safety 
as well as potential magnitude and duration of the anabolic effects of unfocussed shock wave 
therapy is therefore being assessed in the distal forearm of twelve patients.

paTIENTS aND METhODS

General
The study protocol was approved by the Ethics Committee and was registered in the Clinical-
Trials.gov Protocol Registration System (NCT02630381). Before enrollment, written informed 
consent was obtained from each participant included in the study. We designed this phase 
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II, randomized, single blind, intervention study with an internal control to assess safety and 
efficacy of a single time shock wave therapy to increase bone density. The study was conducted 
at one institution with twelve patients treated between May 18, 2015 and September 19, 2016.

Participants
Eligible patients were females, age 50-80 years, on the list for elective surgery of the lower 

extremity or spine under general anesthesia. Since this study only assessed a general effect 
on bone density, we did not select osteoporotic patients. They should have a normal dietary 
intake inclusive calcium and/or milk products. Exclusion criteria were: skin disease, systemic 
corticosteroid use, known systemic disease that interacts with bone (e.g. rheumatoid arthritis, 
multiple myeloma, hyper(para)thyroidism, Paget’s disease or Cushing’s disease) or a previous 
wrist fracture.

Study procedures
After informed consent, twelve patients were included. Baseline measurements were obtained 
including a Dexa of both wrists and patients were randomized to receive perioperative shock 
wave therapy to the left or right distal forearm. One independent person had access to the 
computer generated randomization lists. The patients were blinded for which arm was treated. 
The distal forearm that did not receive unfocused extracorporeal shock wave therapy was used 
as a control. Follow-up measurements were planned and performed during the first week in 
the hospital or at home in a diary and in the hospital at the 6th, and 12th week after UESW 
therapy (Fig. 1).

Figure 1. Timeline with procedures that subjects will undergo in the course of the study.
UESW = unfocused extracorporeal shock wave therapy

Unfocused extracorporeal shock wave therapy
Directly after general anesthesia, one arm was treated with 3.000 unfocused, electrohydraulic 
generated shock waves (UESW), with an Orthogold 180c (MTS Medical, Konstanz, Germany). 
The shock waves were applied around the distal forearm with an energy flux density of 0.3 
mJ/mm2, with a frequency of 5 Hz. An ultrasonic gel (Aquasonic, Parker Laboratories, Almelo, 



10

Treatment of osteoporosis with unfocused extracorporeal shock wave therapy 161

The Netherlands) was applied as coupling media between the applicator and the skin on the 
side that was going to be treated. This energy flux density was chosen by literature based on 
non-union treatment and experience of one of the co-authors.(323, 325) The applicator was moved 
180º around the distal forearm to make sure all bone interacted with the shock wave related 
energy. After the therapy the gel was removed. The contralateral arm served as a control and 
was not treated.

Study parameters
Before treatment, we gathered baseline characteristics with a questionnaire and by consulta-
tion. Side effects, adverse events, medical consumption (visits to health care providers and 
consumptions of prescript or over the counter medication), absence or decreased productivity 
and activities were evaluated with a questionnaire at the last appointment.

Radiographic assessment
An X-ray of both distal forearms was made to identify pre-existent disorders. A DXA-scan 
(Hologic Discovery A DEXA, S/N 80675) to determine bone mineral content (BMC, grams) and 
bone mineral density (BMD, grams per square centimeter; g/cm2) in three areas of both distal 
forearms at baseline and after UESW treatment was our primary outcome measure. The three 
areas were as follow A) directly around the bone in the distal forearm (distal forearm – bone 
only); B) a fixed square around the bone of the distal forearm (distal forearm); C) a fixed square 
around the forearm (forearm) (Fig. 2). All areas were referenced to the distal ulnar styloid 
process. Follow-up DXA-scans were performed at 6 and 12 weeks after shock wave treatment. 
Positioning over time was the same in each patient. Scans and scan-analysis was performed by 
one experienced independent person blinded to which side was treated.

Figure 2. DXA-scans with areas of analysis.
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Safety and clinical assessment
Pain at the distal forearms was determined with a visual analogue scale (VAS) before the op-
eration and during the first week with a diary (three times daily). We performed clinical and 
physical examination of the distal forearms when the patient was sufficiently recovered from 
the operation. In case of pain at the distal forearm a standard pain protocol was followed.

Statistical analysis
The data are presented as means and standard deviation unless otherwise indicated. In the 
analysis of the results of the DXA-scanning (BMD and BMC in three different areas), a mixed 
model was used to test for statistically significant differences between the UESW-treated and 
control distal forearm, while correcting for time effect and for paired effect using subject and 
distal forearm (SPSS 21.0 software IBM, Armonk, NY, USA). The analysis of the VAS was also 
performed with a mixed model to test for statistically significant differences between the 
UESW-treated and control distal forearm, while correcting for subject and distal forearm. A 
p-value less than 0.05 was considered to indicate a statistically significant difference. Based on 
these pilot data, we performed a post-hoc power analysis to determine the sample size needed 
to identify a clinical relevant effect (http://biomath.info/). A clinical relevant effect is defined as 
> 1 SD increase in bone mineral density on DXA of the distal forearm (351, 352).

RESULTS

Demographics/study parameters
All patients completed the study. The operations performed where spine (58.3 %), hip (25 %) 
and knee (16.7 %) surgery. Seven patient did not know which distal forearm was treated, three 
thought this was the untreated distal forearm and two made the right assumption on which 
distal forearm was treated.

At the time of operation and UESW treatment, mean age of the patients was 57 (range 
50-75), mean weight and height was 76.5 kg (range 54-134) and 167.5 cm (range 160-178). All 
patients were from Dutch origin and living in the Netherlands, in 91.7 % the dominant side was 
right. There was no abnormal daily activity mentioned by any of the patients. There were no 
patients with a musculoskeletal co-morbidity beside the primary diagnosis for which they were 
operated. One person smoked, and another person used more than two units of alcohol daily. 
No one had a history of parental hip fracture or known osteoporosis.

Radiographic evaluation
All scans could be analyzed. The average time between the first DXA-scan and the treatment 
was 5.4 weeks (SD 5.6). The time between the treatment and the first post treatment DXA-scan 
was 6.4 weeks (SD 1.0) and to the second post treatment DXA-scan was 12.8 weeks (SD 1.1). 
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The baseline DXA did not show obvious osteoporosis for any of the patients in the forearm DXA 
scan analysis. The average bone mineral density in the three areas at baseline was 0.45 (SD 
0.07) (A), 0.21 (SD 0.03) (B), and 0.24 (SD 0.026) (C).

There was no difference in BMC and BMD between treated and control distal forearms, in 
any of the analyzed areas (Fig. 3A; p=0.840, Fig. 3B; p=0.820, Fig. 3C; p=0.845). BMD data were 
measured, but are not shown as they were a derivative of the BMC and do not represent the 
osteoporotic condition which should be assessed with a standardize DXA of the hip.(81, 352) The 
average BMC at twelve weeks after treatment in the treated forearms compared to baseline 
was respectively 99.1 % (SD 4.6) at the ‘distal forearm – bone only’ readout, 100.1 % (SD 6.0) at 
the ‘distal forearm’ readout, and 99.5 % (SD 3.4) at the ‘distal forearm’ readout. In the untreated 
forearms this was respectively, 99.9 % (SD 2.7), 110.2 % (SD 2.7), and 100.9 % (SD 3.0). There 
was one patient who had an increase in BMC (Fig. 3). At the ‘distal forearm – bone only’ readout 
(Fig. 2A) there was an increase in BMC of 9.8 %, at the ‘distal forearm’ readout (Fig. 2B) the 
increase in BMC was 15.4 %, and at the ‘forearm’ readout (Fig. 2C) the increase in BMC was 6.6 
%. We could not find an explanation for these results, as none of the baseline characteristics or 
questionnaires showed anything abnormal. We did notice a high standard deviation, between 
patients (area A: ‘distal forearm – bone only’, BMC mean 7.50, SD 1.01) and in patients between 
the distal forearms (area A: ‘distal forearm – bone only’, BMC mean 7.50, ∆ 0.35, SD 0.25).

Post-hoc power analysis was performed to determine the sample size needed to be able to 
demonstrate non-inferiority in BMD between untreated and shock-wave treated forearms with 
80 % power. One SD was assumed as the non-inferiority margin and we assumed the group 
means and SD from our study (0.06 g/cm2) for this analysis, resulting in a sample size of 16 
patients per treatment group. As we used an internal control in our group (i.e. treated versus 
untreated forearms within humans) this number is a conservative estimate.

Figure 3. Radiographic evaluation with DXA-scanning of BMC in three different areas.

Safety and clinical outcomes
VAS score was postoperatively different if treated and control arms were compared (Fig. 4; 
p<0.001), which was due to one patient. This patient already had pain complaints preop-
eratively on the side that was treated. If the VAS scores are compared to preoperatively, no 
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difference was noted between the treated and untreated arm in the first week (p=0.964). No 
X-rays were made after UESW therapy, as there were no clinical and physical signs of a fracture. 
No complaints were reported after treatment, neither did any of the patients use pain killers 
for pain in their forearms. However, one patient reported a higher VAS score in the treated 
forearm. This patient showed a small increase in the BMC of the ‘distal forearm - bone only’ 
area of 0.6 % after 12 weeks. Other measured values did not show an increase, neither a de-
crease. Two patients had redness and two others had a hematoma of the treated distal forearm 
one day after the treatment. One patient noticed redness of the untreated distal forearm and 
another pressure pain of the untreated distal forearm, from unknown origin. No other medical 
consumption, abnormal productivity was mentioned by any of the patients except for what was 
expected due to the operation. The postoperative medication, including pain medication, was 
given according to our standard protocols.

Figure 4. VAS score of each person at each time point of the pain diary.

DIScUSSION

In this pilot study we showed that application of unfocused peri-operative shock wave is fea-
sible and without adverse events. However, no effect in terms of bone density increase could 
be observed. Many studies investigated the effects of ESW therapy in animal experiments on 
bone,(64, 65, 331, 353) and in humans on non-unions(292, 323, 325, 354, 355) Although previous animal experi-
ments reported positive results, in the current study no effect of shock wave therapy could be 
demonstrated. It might be that the anabolic effect was already diminished 6 weeks after UESW 
treatment. However, since bone turnover and bone resorption processes are rather slow, this is 
not a likely option. In addition: if the increase is not sustained for more than 6 weeks it would 
not be relevant. The most likely reason is that the parameters of the shock waves used in this 
trial are not effective. The energy flux density of 0.3 mJ/mm2 in this clinical study was the high-
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est possible unfocused energy flux with this device and has been shown to be effective with 
diabetic ulcers.(294) We speculate that with a higher local dose there will be an effect on bone 
content as recently Shi et al. showed an increase of BMD with the use of focused radial shock 
wave therapy.(356) As such a focused device only treats a very small area it is difficult to use this 
as a therapy to prevent osteoporotic fractures. Unfocused shock waves, also, might not reach 
enough depth for the entire bone to be treated.(349) The study of Shi et al. only included osteo-
porotic patients and treated them accordingly with bisphosphonates, supplemental vitamin 
D, and calcium, which may explain the differences as well. Previously we also demonstrated 
that the use of bisphosphonates in osteoporotic rats induces stronger effects of shock wave 
therapy.(68) Also Gerdesmeyer et al. demonstrated that pathologic circumstances show different 
results of shock wave therapy. They demonstrated that patients with low BMC/BMD were more 
sensitive to shock wave treatment and increased more bone mass compared to subjects that 
had a normal or high BMC/BMD.(357) Future research should focus on osteoporotic patients with 
or without bisphosphonates, and preferably comparing focused and unfocused shock wave 
therapy. One more reason for our negative findings could be that the shock waves in our study 
were applied to the distal forearm, where cancellous bone is predominant. Previous bone mea-
surements have shown that shock wave induced bone formation has a more persistent effect 
on cortical bone.(68, 344) Another explanation could be a type 2 error, in which case we missed a 
significant difference due to the low study power to demonstrate a minimal difference as found 
in the current study. However, based on the post-hoc power analyses we demonstrated that it 
is unlikely that we missed an effect of much clinical relevance.

A limitation of the use of shock wave therapy for bone regeneration, is the use of anesthesia 
that is required because of UESW related pain, in particular with the magnitude of the energy 
level used in the current study. We applied shock wave therapy during a surgery for another 
indication where aesthesia was required anyway and concluded that shock wave therapy is safe 
and non-invasive under the current circumstances.

In this study, we have shown that a single treatment with unfocused ESW is not likely to 
result in a relevant increased BMC or BMD of the forearm. As such, UESW therapy, as applied in 
the current form, cannot be regarded for a local increase in bone density.
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Bone regeneration is a highly developing and active field of orthopaedic research, dating back 
already a long time with the first thesis, de novorum ossium regeneratione experimenta, pub-
lished by Troja in 1775 (Fig. 1) (358).

Figure 1. Page from ‘De novorum ossium regeneratione experimenta’.
A page from the first known thesis about bone regeneration.

In this thesis we investigated a variety of methods to regenerate bone using either grafts 
or implants, using cells that induce endochondral ossification, or stimulate bone by physical 
triggers such as shock waves.

If there is a local lack of bone, the gold standard substitute comprises bone grafts harvested 
from another site in the patient (14). Ideally, an off-the-shelf bone substitute should at least 
perform as good as the autologous gold standard treatment. In search for such alternatives, 
bone regenerative strategies have been developed. These include the use of biomaterials and/
or growth factors but can also incorporate cells or use biophysical stimuli. However, there could 
also be a systemic lack of bone (osteoporosis), in which there is a higher chance of fracture of 
e.g. the proximal femur. Often the bad bone quality compromises the stability of the (metal) 
fixation material, placed for stability and support fracture repair. Standard pharmaceutical 
treatment of osteoporosis (e.g. bisphosphonates) is sometimes not enough, this is why we 
examined extracorporeal shock wave therapy to improve the local bone stock.

This thesis is subdivided in three distinct methods to accelerate or increase bone regenera-
tion: cell-based, material-based and stimulus-based.

cell based bone regeneration has been tried for over half a century, with variable results (359, 360). 
The advantages are that they have a great potential, as stem cells can differentiate to special-
ized tissue such as bone, depending on different factors. For example, in an orthotopic situa-
tion molecular factors are likely produced by the surrounding tissues that involve bone, bone 
marrow and periost, which together form an ideal environment for precursor cells to induce 
new bone tissue (361, 362). However quite often results of stem cell based approaches for bone 
regeneration are difficult to reproduce (361) and only in a limited amount of cases the results can 
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be considered excellent (89, 363). Within the field of bone tissue engineering, the endochondral 
approach such as explored in Chapter 2 & 3 showed to be promising and feasible in recent years 
(120). This approach resembles natural (endochondral) bone formation in the growth plates of 
long bones and in fracture healing. Typically, a cartilaginous template is gradually remodelled 
into new bone tissue. In chapter 2 we used chondrogenically differentiated human mesenchy-
mal stromal cells in pellets of 1-3 mm size to mimic the formation of a cartilage template. In a 
defect model in rats this method showed in a few cases considerable new bone formation, but 
it was not very reproducible (Fig. 2). Similar observations were reported by others (95, 364).

Figure 2. Graphical abstract chapter 2.

Translating this methodology into the clinic is quite challenging, as you need a large amount 
of cells and keep them in the treated area. This would be best done by using natural and safe 
biomaterials (283). Fibrin has a great potential as it is naturally present during wound healing, 
it is permeable for cells and already without cells shows some bone regenerative capacity (59). 
In chapter 3 we mixed human differentiated stromal cells together with fibrin and we showed 
bone formation in the centre of the defect in some of the rats, but not all (Fig. 3).

The experiments of Chapter 3 have been performed in immunocompetent rats, making it a 
xenogeneic approach as we have used human MSCs. We showed that some immune response 
was detectable against the mesenchymal stromal cells. So, xenogeneic carrier material and 
cells can induce bone regeneration, however more research is required to see if the immune 
response withholds the cells from making bone. Others have shown that the xenogeneic 
bone regeneration approach is giving contrary, but promising results (132). Nevertheless, this 
was never tried with xenogeneic chondrogenically differentiated MSCs until now and we 
showed that even though an immune reaction against the xenogeneic MSCs occurs, there can 
be successful bone formation. As became evident in our study, the MSC population is quite 
heterogenic and donor-to-donor variability in terms of chondrogenic potential still represents 
a challenge when aiming at autologous approaches. A large variability was observed in the 
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in-vitro cultures of making the chondrogenic pellets out of MSCs and from some donors we 
were not able to derive chondrogenic pellets of a reasonable size (> 1 mm diameter). Related 
to this was the amount of bone formed in the femoral critical defect by the different donors, 
which also varied considerably (Chapter 2). Whether this was related to an immune response 
is not clear. However, we observed immune responses near pellets that were not incorporated 
in bone regeneration (Chapter 3). Whether the bone regenerative capacity is related to the size 
of the pellets or other intrinsic properties cannot be elucidated from our studies. The template 
of chondrogenic pellets that are at the brink of becoming calcified might represent a scaffold 
function for the host MSCs and/or osteoblasts to form bone tissue. If the pellets are bigger this 
scaffold function might work better to guide the bone formation.

To conclude, cell-based bone regeneration is far from being clinically implemented. A clini-
cal trial with this method would require standardization in a reproducible setting. In addition, 
the methodology requires upscale of the proliferation of MSCs and production of the pellets. 
A proper carrier is required to keep these cultured cells/pellets at the bone defect site. Finally, 
it may be better to have an off-the-shelf product instead of a procedure in which patient’s own 
cells have to be harvested and cultured before implantation. This would require the use of 
allograft cells that could be stored in a cell facility. But even then, the entire procedure would 
require intensive testing protocols in order to make it accessible for the individual patients re-
quiring grafting. The use of devitalized pellets that can theoretically be made in large amounts 
from one donor set would bypass many of the problems discussed above. The first step would 

Figure 3. Graphical abstract chapter 3.
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then be to find a donor with an optimal MSC source, which can be amplified to large amounts 
of MSCs and chondrogenic cells. Subsequently, many chondrogenic pellets could be made out 
of this. When the pellets are devitalized they can be stored and later used as an off-the-shelf 
product.

Recently the introduction of so-called induced pluripotent stem cells (iPSCs) has provided 
even a more challenging but rewarding option. In theory these iPSCs can be differentiated in 
the chondrogenic lineage. As they can be up-scaled to an unlimited amount of cells, an off-the-
shelf product could be derived from the iPSCs. Although, clinical application still has a long way 
ahead, our findings might open venues for the use of non-autologous mesenchymal stromal 
cell sources for endochondral based bone regeneration.

Material based bone regeneration, such as with use of bone substitutes or growth factors, has 
been shown recently to have high potential. However, it has its limitations, such as a lack of 
vascularization and osteoinduction, and should clinically be used selectively (365). The advan-
tages are that it is always available as an off-the-shelf product and mostly relatively easy to 
produce. We showed in chapter 4 that there is a great potential of clinically applicable fibrin, 
which can produce bone in a bone defect in rats already without any osteoinductive stimulus 
(Fig. 4). Interestingly, if we add a very low dose of rhBMP-2 to fibrin, the effect was tremen-
dously increased with bone regeneration visible after as early as 2 weeks after placement of 
the construct.

Figure 4. Graphical abstract chapter 4.

These results need to be further explained but are probably due to the optimal natural 
bone healing capacities of low dose rhBMP used together with physiologically concentrated 
fibrin glue. As has been reported numerously in the literature, rhBMP showed to be a great 
initiator for bone regeneration (51, 52). The mechanism of why fibrin is such a wonderful delivery 
vehicle for rhBMP-2 is not entirely clear. It could be explained by the fact that fibrin acts as a 
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bioactive matrix and that it is normally part of the natural bone healing process at a similar 
concentration to the one we used (366). We hypothesize that the mechanical and degradation 
properties of the fibrin that we used match more or less a blood clot that arises after a fracture 
(59). It is even likely that the cell migration and the natural embedding of growth factors such 
as BMP is similar to what we applied by adding rhBMP-2. It may well be that the properties 
could be optimized by slightly changing the conditions of fibrin polymerization and subsequent 
relative concentrations of thrombin and fibrinogen used (180-185). However, these results might 
not be translated one-to-one to the use in large animals or the human clinic. Diffusion of 
growth factors and local concentrations depend on diffusivity of the molecules, which depend 
on permeability and size of the tissues.

Also, when fibrin constructs are used in load-bearing defects, it requires stabilisation, e.g. 
by internal or external fixation methods. Therefore, fibrin should be combined with another 
type of scaffold to provide this mechanical stability (e.g. porous titanium or ceramic scaffolds) 
(43, 185).

Additively manufactured porous titanium biomaterials have recently emerged as promising 
candidates for bone substitution (42, 43). Porous titanium can be fine-tuned using 3D printing 
techniques to optimize its mechanical properties with a high porosity to allow bone ingrowth. 
The results of chapter 5 indicated that the ductile properties of porous titanium can play an 
important role in bone regeneration. We compared 3D printed porous implants made from 
commercial pure titanium (CP-Ti) and the titanium alloy Ti6Al4V-ELI. The more ductile pure 
titanium implants showed improved bone regeneration, even though the elastic mechanical 
properties and topological designs of both implants were almost identical (Fig. 5). The inelastic 
mechanical properties could therefore influence bone regeneration of AM porous biomaterials 
independently from their elastic properties.

Figure 5. Graphical abstract chapter 5.
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This higher ductile property of CP-Ti likely provide higher mechanical strain and local de-
formation to the ingrowing bone and thereby continuously provides an osteogenic trigger to 
the bone (206-209). Another aspect that might be of influence is better biocompatibility of CP-Ti 
(205). New research should focus on improving inelastic properties of titanium implants which 
are used for bone regeneration purposes, as this could influence bone formation. This can 
be provided by further fine-tuning the thickness and architecture of the titanium struts that 
could allow for large plastic deformation and even moulding the (deformable) titanium into a 
bone defect to make it fit during the operative procedure. However, many other factors come 
in to play (39, 192, 200, 205, 286, 367) or should be taken care of, such as e.g. infection risk and potential 
removal of the implant (216-218, 368).

To further improve bone regeneration, we showed that the osteoinductive potential of 
titanium is highly increased when rhBMP-2 is added to fibrin and placed inside the pores of 
the titanium (chapter 6 & 7). First (Chapter 6), we used specially produced high molecular 
weight fibrin. The original hypothesis was that high molecular weight fibrin would outperform 
standard fibrin, because it improves cell migration or angiogenesis (234). However, without 
rhBMP-2, high molecular weight fibrin performed equally well as commercially available fibrin 
(diluted Tissucol) when both were loaded in titanium. In Chapter 7, we showed that clinically 
applicable and easily available fibrin provides similar results as high molecular weight fibrin 
(Fig. 6). In combination with rhBMP-2 both carriers provided excellent bone incorporation in 
the porous titanium scaffold, with a complete restoration of the cortex within a period of 8 
weeks. This leads to a bone construct that is even stronger than the intact cortex. On top of 
that, fibrin has the convenience that it is easily available and it is FDA approved. On the other 
hand, it requires extensive pre-processing and there is a risk of contamination when harvested 
from a non-autologous source (59). So, another option would be the use of the patients own 
fibrin, which can be produced faster, cheaper, and in larger quantities and there would be no 
immunogenic response expected with such an approach (369, 370).

Although no side effects or adverse events were noticed in any of the fibrin-BMP formula-
tions implanted in the critical-sized defects in our rats (Chapter 4, 6 & 7), in the last decade 
there still remains negative publicity around the use of rhBMP-2. Albeit still approved by FDA 
for spinal fusions, the general application method of rhBMP-2 (INFUSE, Medtronic) using a 
collagen sponge as a delivery vehicle is far from optimal. BMP is likely leaking out of the sponge 
with a non-ideal release profile, leading to serious adverse events including bone tissue over-
growth, ectopic bone formation, inflammation, and even carcinogenicity has been reported 
(229, 230). Researchers have been looking for the best approach to make use of the strong bone 
regenerative capacity of rhBMPs without having these side effects. A gradual release without 
an initial burst is probably very close to that goal, as most articles on this topic state that BMPs 
in this manner would not get lost without becoming functional in vivo and thereby eliminat-
ing the risk of potential side effects (171, 175, 176, 179). Also, studies have successfully used a lower 
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dosage of rhBMP to induce bone formation, as it was suggested that some of the negative side 
effects might have been caused by the high dosages used (57, 187).

Figure 6. Graphical abstract chapter 6 & 7.

To conclude, fibrin-BMP formulations are attractive, as they can be designed as an injectable 
scaffold or even an ‘on-demand intraoperative 3-Dimensional printing’ device could be applied, 
with or without the use of titanium to provide mechanical stability (371). Such additive manufac-
turing or 3D printing is currently a popular research area and has demonstrated increased ease 
of use, fast production time and potentially significantly reduced costs compared to existing 
development and manufacturing modalities. Using such manufacturing methods, large bone 
defects can be reconstructed with exact fit during the surgical procedure (372), making it a more 
individual (patient specific) approach.

Stimulus based bone regeneration involves the use of mechanical or physical stimuli in order 
to trigger bone and induce new bone to be formed. In this thesis we investigated shock wave 
therapy. Of which first publication on bone has been published already in 1991 (69). Previously, 
high energy shock waves were used to treat delayed and non-unions (292, 322-325). Shock wave 
therapy is easily applicable and safe, without the need of an operation. For treatment of non-
unions with extracorporeal shock wave therapy (ESWT) union rates around 75 % have been 
reported (325, 373, 374). However, most studies regarding shock wave therapy lack high methodol-
ogy levels and are at high risk of bias, as the treatment is not applied in a standardized manner 
and many studies are not placebo controlled and/or blinded for patients and physicians.



176 Chapter 11

In chapter 8 we showed for the first time that unfocused extracorporeal shock waves 
(UESW) can improve bone regeneration in combination with bone substitutes (Fig. 7). In this 
chapter we used the same critical bone defect model in the rat and applied different bone 
substitutes in combination with shock wave therapy to enhance bone regeneration in these 
bone substitutes. Hydroxyapatite and titanium bone substitutes favoured from the shock wave 
treatment, whereas the bone substitute tricalcium phosphate did not. The effects on bone of 
shock wave therapy seen in these studies were pretty much in line with earlier experiments 
without implants (64, 65, 68, 291, 330-333). However, most people use focused shock wave therapy, 
which is different from the unfocused, nowadays officially called defocused, electrohydraulic 
generated shock wave therapy that we used.

Figure 7. Graphical abstract chapter 8.

In chapter 9 we showed that peroperative shock wave treatment can improve cortical screw 
fixation leading to improved biomechanical properties. Although these improvements were 
mild, it might be relevant for fixation of screws in highly osteoporotic patients, which is a severe 
problem in orthopaedic surgery.

The mechanism by which shock wave therapy is inducing a biological response to bone is 
still under debate. It is thought that the energy generated is transferred and absorbed over 
each interface between tissues with different elasticities (72, 328), where it deforms the tissue. 
There can be many explanations why shock wave induces bone formation and why this may 
differ under different situations. Success of shock wave therapy is liable to a lot of factors, 
which makes the results very variable (375, 376). The geometries of the tissues and the various 
implants used can be considered complicated composites and will “guide” the shock wave 
through the tissue in a different manner for each situation. In particular with porous implants 
that have an irregular internal architecture the shock wave absorption is complex. In chapter 
8, the results for bone incorporation of the scaffold appeared much depending on the material 
properties used. Where the TCP scaffold were relatively non-sensitive for shock wave therapy, 
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the hydroxyapatite and titanium porous implants improved bone incorporation upon shock 
waves. TCP might resorb too fast, which could overwhelm the anabolic effects of UESW. An-
other explanation is related to the differences of porosity between the different types of bone 
substitutes. It seems better to use shock wave therapy with a higher porosity, as this might clear 
the way for the UESW trigger to form bone all around the bone substitute (295).

Also timing of treatment is essential, as shock wave therapy could interfere with the normal 
healing process if present. As in chapter 8, the positive effect as a consequence of UESW in 
the HA and titanium bone substitutes was the highest shortly after the second treatment. This 
direct effect of shock wave therapy was described before in other animal models (64). However, 
the best application of shock wave therapy would be during the primary surgery, when a frac-
ture is treated or a bone substitute is being placed. In this way, the patient is already under 
anaesthesia.

Another interesting mechanical deformation is the first ‘hit’ of a shock wave when entering 
the leg, which is usually at the periosteal site. It is well known that this thin layer that covers 
the cortical bone is highly responsive upon mechanical deformation, and this has been shown 
before as a reaction of shock waves (330). The inner cambium layer of the periosteum consists 
of precursor cells (MSCs), which can differentiate to the osteogenic lineage, and generate 
growth factors involved in bone regeneration (73, 75, 377). This likely induces cortical thickening 
(68, 76, 77), which was seen in chapter 9. Another, rather peculiar reaction at the periost was 
the development of so-called neocortices in chapter 9. This excessive periosteal reaction can 
also be observed after a fracture and has been described by others after shock wave therapy 
(69, 70, 332, 334, 335). However, the formation of neo-cortices was not found after shock wave therapy 
with regard to bone substitutes (chapter 8) and in previous studies at this energy flux density, 
so it is probably the extra trigger of screw implantation that induces the neocortex (64, 68, 336, 337).

One of the first explanations how shock wave therapy works, was that the mechanical 
stimulus created by the shock waves generates cavitation in the cells (72). This induces cell dam-
age or even osteocyte cell death, which was observed by others and by us in chapter 9, showing 
pycnotic and empty lacunas in the old cortex (70, 329, 378). If osteocytes die, two responses can be 
expected (338, 379). First osteocytes stop making sclerostin with the consequence that close-by os-
teoblasts will be stimulated to make more osteoid, hence mode bone apposition (379). Second, a 
repair process will start with osteoclasts becoming activated to repair the necrotic tissue (4, 380).

However, these explanations do not explain the observed de novo bone formation in the 
bone marrow after shock wave therapy (chapter 9), similar to earlier findings (64). Likely shock 
waves also have an effect in the bone marrow, where they can enhance proliferation and 
maturation of osteoprogenitor cells leading to new bone formation (73, 78). Apparently mesen-
chymal stem cells can be recruited upon a shock wave induced (mechanical) trigger, which 
subsequently leads to de novo bone.

More recently, some authors suggested that shock waves can indeed induce a direct bio-
logical response to cells, which could alter transcription of certain genes (381, 382). One of the 
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pathways that is triggered is the Wnt signalling pathway, which is known to be involved in bone 
regeneration (383). Also, it was shown that shock waves trigger the release of exosomes, which 
are specialized membranous nano-sized vesicles derived from endocytic compartments that 
are released by many cell types (384-386). They travel between cells and deliver functional cargoes, 
such as proteins and RNAs, thereby regulating MSC osteogenic differentiation, osteoblast pro-
liferation and activity, osteoclast maturation and activity, and they are potent pro-angiogenic 
factors (387).

The above-mentioned explanations on why and how shock wave therapy is working cannot 
be elucidated from the current thesis. We have not tested specific mechanistic hypotheses, 
but rather have chosen a more practical approach and tested whether or not shock-wave 
therapy can be applied for specific clinical problems. The rat models of chapter 8 and 9 pro-
vided evidence that small and maybe clinically relevant effects could be established with shock 
waves. Therefore in chapter 10 we decided to start a small clinical trial in order to show that 
unfocused peroperative shock wave is feasible in the clinic without adverse events. However, 
the outcome of this trial was rather disappointing. We found zero effects of shock wave therapy 
on the wrist of postmenopausal women in terms of bone density increase. It is well possible 
that the settings chosen in this clinical study were not adequate for the human wrist. Maybe 
a positive outcome would have been seen with a higher dose setting or focused shock wave 
therapy, as reported by others (356, 357). Apparently, implementation of shock waves in the clinic 
for generating bone tissue is not trivial and literature reports vary tremendously with respect 
to settings, dose, models, patients and equipment (292, 323, 325, 354, 355). This raises the question 
how standardized shock wave therapy is. The International Society for Medical Shock wave 
Treatment (ISMST) recently published a consensus statement with recommendations for the 
use of extracorporeal shock wave technology in medical indications in order to secure proper 
use of shock wave therapy and further the field in high level clinical trials (388).

Since application of unfocused shock waves in humans is safe and its effects might be 
beneficial, a clinical pilot study in osteoporotic fracture fixation is certainly justified. Such a 
study could be designed in a similar setting as chapter 10, with (osteoporotic) patients being 
shock waved in the fixation region during the operative procedure for fracture fixation. As there 
cannot be an internal control within the same patient the procedure should be tested against 
a control group.

In conclusion, the kind of bone regeneration that is needed depends on various factors, like the 
trauma mechanism, type of bone defect and size, type of patient, the location of the defect, 
infection risk, costs, but also availability of a stem cell facility, bone substitutes, growth fac-
tors or biophysical stimuli. Selecting the appropriate bone regeneration method for a patient 
requires careful recognition of the bone healing needs of that patient’s specific clinical problem 
and a thorough understanding of the different options that are available. After reviewing and 
studying various options with cells, various biomaterials and even a biophysical stimulus, it 
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remains interesting to note that many aspects with respect to the working mechanism of bone 
regeneration are unknown, leaving many options to further tailor the regeneration of bone, 
mostly by trial and error approaches. Future studies to improve bone regenerative therapies 
need close collaborations between clinicians and basic scientists and testing different options 
in rigorous pre-clinical models, preferably using large animals or well-designed clinical trials.
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The aim of this thesis is to provide a detailed overview of local bone regenerative options that 
would profit trauma, orthopedic and maxillofacial surgery: BUILDING BETTER BONE.

chapter 1 gives a general overview of three concepts that can be used to (re)generate 
bone: based on cells, (bio)materials or a physical stimulus. In case of bone regeneration based 
on cells, stem cells are mostly used. Stem cells are undifferentiated cells that can differentiate 
towards, among other things, bone cells. Different types of (bio)materials can also be used, 
where bone can grow in (osteoconduction) or where bone regeneration is stimulated by (os-
teoinduction). This can also be stimulated by adding growth factors or for example by a physical 
stimulus such as shock wave therapy. Hereby, mechanical vibrations are used generated by a 
device to induce bone formation. In most experiments we used a non-union model in the rat 
to test whether bone (re)generated. In this model, 6 mm of bone is removed from the upper 
leg of a rat. If this gap is left empty the bone ends will never grow together, ensuring that a 
non-union arises.

In chapter 2 and 3 the “cell-based” method is investigated. For this, mesenchymal stem cells 
(MSCs) from bone marrow of patients are extracted and expanded. From differentiated MSCs, 
so-called pellets of cartilage are made. Pellets are globules with a lot of (differentiated) stem 
cells. These pellets of chondrocytes (chondrogenic pellets) share and initially grow, after which 
they can develop into bone, in more or less the same way as with endochondral ossification. So 
it is basically a very natural way to regenerate bone tissue. 

In chapter 2, chondrogenic pellets were processed from MSCs from humans and were 
placed in a bone defect of an immuno-incompetent rat. Such a rat has no functioning immune 
system, so that there is no immune response of the rat against the implanted human stem cells. 
We saw significant bone formation, but this was donor dependent. However, to translate this 
into the clinic, many cells will be needed, which also have to be kept in the bone defect. 

Therefore, in chapter 3, the previous experiment was repeated and this time fibrin, a 
protein already present in natural bone healing, was used to keep the pellets together. Also, 
normal rats were used, which meant that there was a xenograft; human cells placed in a rat. We 
did indeed see an immune response of the rat against the MSCs. However, the xenogeneic cells 
also induced bone regeneration. Eventually, more research will be needed to see if the immune 
response hinders cells to induce bone tissue. It also seems better to make an ‘off-the-shelf’ 
product for optimizing the use of cells for bone regeneration. One optimal donor could be se-
lected for this, the MSCs of which are multiplied considerably, with which large pellets can then 
be made in a standardized and reproducible manner and used together with a good carrier. 

In chapters 4 to 7 the “material-based” bone regeneration method was investigated. We 
used biomaterials, also called bone substitutes, which stimulate bone tissue to regenerate.

In chapter 4, fibrin, the same carrier that was also used in chapter 3, was used in the non-
union model. Because fibrin is already present at comparable concentrations in natural bone 
healing, its permeability to (bone)cells make it a good carrier. All the more, because it shows 
a certain degree of bone formation without any other additives. However, if we add a small 
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amount of the growth factor bone morphogenetic protein (BMP) to fibrin, the results are ex-
ceptional. The entire bone defect is filled with new bone tissue in exactly the same place as the 
original bone. In other words, a complete reconstruction of the cortical bone occurs in a period 
of 8 weeks. Since fibrin itself does not give stability, we searched for substitutes that also provide 
mechanical strength and can be used in bone defects at places where forces are transmitted.

In chapters 5 to 7 we use high porous titanium for this purpose. With advanced 3D metal 
printers, metals such as titanium can be printed with high accuracy in almost any shape and 
porosity for several years now.

In chapter 5 we investigated whether two bone substitutes, pure titanium and a titanium 
alloy, with exactly the same topological shape and porosity give different bone formation. The 
more ductile pure titanium generated greater bone tissue, but was also less strong. The higher 
bone formation of pure titanium could be explained because more local deformation takes 
place, which may give rise to a larger osteogenic trigger. However, it could also be explained by 
the fact that pure titanium has a better biocompatibility.

In chapter 6 & 7 we showed that bone regeneration in titanium bone substitutes is improved 
when BMP is added to fibrin and placed into porous titanium scaffolds. The original hypothesis was 
that high molecular weight (HMW) fibrin would enable better bone regeneration than the standard 
clinically applied fibrin (Tissucol), because previous research showed that it would improve cell mi-
gration and angiogenesis. However, in chapter 6 we saw that, without BMP, HMW fibrin generates 
the same amount of bone as Tissucol in titanium. In chapter 7 we added BMP again and we saw 
that the clinically applied and easily available Tissucol (fibrin) gives the same results as HMW fibrin, 
in the non-union model. Both types of fibrin in combination with BMP loaded in titanium were 
stronger than a normal cortex. However, we must mention that Tissucol was used in a physiological 
concentration, which is a different concentration than the tissue glue for which Tissucol is normally 
used. No side effects were seen in any of the studies using BMP. In the last decade, however, there 
has been a lot of negative publicity about the side effects that occur after the use of BMP. BMP 
was admitted on the market for spondylodesis, where BMP is applied in a sponge of collagen. 
The described side effects, such as ectopic bone formation and local bone resorption, may occur 
because a relatively high dose of BMP leaks out of the collagen sponge. We think that the sponge is 
not the right carrier material and showed in chapters 4, 6 and 7 that the combination of fibrin-BMP 
is a more attractive option. When using BMP in the clinic, the ideal concentration of fibrin as a car-
rier for very low doses of BMP should be investigated. If mechanical stability is desired, a titanium 
bone substitute could be used, and in the future one needs to consider improving the inelastic 
properties of the titanium bone substitutes, because this influences bone regeneration.

In chapters 8 to 10 we tested whether shock wave therapy is suitable as a “stimulus-based” 
method for bone regeneration. This method concerns the use of a device that produces a 
divergent shock wave, in other words electrohydraulically generated impulses.

In chapter 8, three different porous bone substitutes were placed in the non-union model. 
Half of the rats were treated with shock wave therapy and compared with untreated bone 
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substitutes. Shortly after the shock wave treatment, more bone was visualised in both the bone 
substitute hydroxyapatite and in porous titanium. The bone substitute tricalcium phosphate, 
showed no positive effect of shock waves, presumably because it absorbs quickly and thereby 
anabolic effects of shock wave therapy are nullified. Another explanation could be that tricalcium 
phosphate has a lower porosity, as a result of which the bone substitute prevents the shock 
waves.

In chapter 9, screws were placed in cortical and trabecular bone of both hind legs of rats. 
One leg was treated with shock wave therapy and the other was left untreated. We noticed that 
shock wave therapy generated more bone around cortical screws and provided a stronger fixa-
tion of these screws. This result could be clinically used in patients with a lower bone density 
where screws sometimes break out. However, we also saw the formation of an extra cortex in 
some rats and the old cortex disappeared.

Encouraged by the results of chapter 8 & 9 we decided to conduct a clinical pilot study to 
show that shock wave therapy can induce bone formation in patients without evoking side 
effects.

This study is described in chapter 10, which includes patients who underwent elective sur-
gery for the back or lower extremities. A shock wave treatment was performed peroperatively 
on one forearm, using the contralateral forearm as a control. The bone density was determined 
after six and twelve weeks using bone density scans. The study showed there were indeed no 
side effects of shock wave therapy, but unfortunately there was no increase in bone density. 
This could well be explained by the fact that intensity of treatment for the wrist was too low. 
Which could be due to the fact that we used a diverging shock wave, instead of the more 
frequently used convergent shock waves. The advantage of the divergent shock waves is that 
a larger area is reached, but this is at the expense of the intensity of the local treatment. In 
the future it will be better to investigate how shock wave therapy works, so that it is possible 
to search more specifically for which indications shock wave therapy is actually suitable. Shock 
wave therapy should also be more standardized and optimized in terms of timing, intensity 
and character. As it appears to be important for the results of shock wave therapy on bone 
formation.

The type of bone regeneration that is required appears to depend on several factors, such 
as the type, size and location of the bone defect. In addition, it depends on the situation of 
the patient and infrastructure of the hospital: whether there are possible infection risks, the 
general bone condition of the patient, or whether a stem cell facility is available or a shock 
wave device can be made ready for use in the operating room. Finally, economic factors also 
play a part. The selection of the type of bone regeneration has to be based on a good indication, 
clear knowledge of the different options and patient-specific preferences. However, until now 
it is not entirely clear how bone regeneration works, a fact that offers many options for new 
research, but also for trial and error.



In the future, clinicians and researchers need close collaborations to improve bone regen-
eration by testing the different options in well-designed preclinical models or clinical trials. 



chapter 13
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Het doel van dit proefschrift is het vinden van methoden, waarmee bot kan worden gegene-
reerd of geregenereerd ten behoeve van het beter behandelen van een tekort aan botweef-
sel of grote botdefecten bij chirurgische behandelingen in de orthopedie, traumatologie of 
kaakchirurgie. 

In hoofdstuk 1 is een algemeen overzicht gegeven van drie concepten, die gebruikt kunnen 
worden om bot te (re)genereren: botregeneratie gebaseerd op cellen, (bio)materialen of een 
fysische stimulus. Bij botregeneratie gebaseerd op cellen worden meestal stamcellen gebruikt. 
Stamcellen zijn ongedifferentieerde cellen, die onder andere kunnen differentiëren richting 
botcellen. Ook kunnen verschillende soorten (bio)materialen gebruikt worden waar bot in kan 
groeien (osteoconductie) of waar botregeneratie door gestimuleerd wordt (osteoinductie). Dit 
kan ook gestimuleerd worden door het toevoegen van groeifactoren of (bijvoorbeeld) door een 
fysische stimulus zoals schokgolftherapie. Hierbij worden mechanische trillingen door een ap-
paraat toegepast om bot te genereren. In de meeste experimenten hebben we een non-union 
model bij de rat gebruikt om te testen of bot (re)genereerde. Bij dit model wordt tijdens een 
operatie 6 mm bot weggehaald uit het bovenbeen van een rat. Als dit gat leeg gelaten wordt, 
groeien de botuiteinden nooit uit zichzelf aan elkaar, waardoor een non-union ontstaat. 

In hoofdstuk 2 en 3 wordt de “cell-based” methode onderzocht. Hiervoor worden mes-
enchymale stamcellen (MSCs) uit beenmerg van patiënten gehaald en vermeerderd. Uit deze 
MSCs worden zogenaamde pellets van kraakbeen gemaakt. Pellets zijn bolletjes met zeer veel 
bij elkaar gestopte (gedifferentieerde) stamcellen. Deze pellets van chondrocyten (chondro-
gene pellets) delen en groeien in eerste instantie, waarna ze zich kunnen ontwikkelen tot bot: 
op min of meer dezelfde wijze als bij endochondrale verbening. Op deze wijze is het een heel 
natuurlijke manier om botweefsel te regenereren. 

In hoofdstuk 2 werden de chondrogene pellets, opgewerkt uit MSCs van mensen, terug-
geplaatst in een botdefect van een immuno-incompetente rat. Een dergelijke rat heeft geen 
werkend immuun systeem, waardoor er geen immuunreactie van de rat is op de geïmplan-
teerde humane stamcellen. Hierbij zagen we aanzienlijke botformatie, echter dit was donor 
afhankelijk. Om dit echter te vertalen naar de kliniek zullen veel cellen nodig zijn, die ook nog 
in het botdefect gehouden moeten worden. 

Daarom werd in hoofdstuk 3 het vorige experiment herhaald en werd ditmaal fibrine, een 
eiwit dat al aanwezig is bij natuurlijke botgenezing, gebruikt om de pellets bij elkaar te houden. 
Tevens werden normale ratten gebruikt, waardoor er sprake was van een xenograft: humane 
cellen geplaatst in een rat. Hierbij zagen we een immuun respons van de rat tegen de MSCs. 
Echter, de xenogene cellen induceerden ook botregeneratie. Uiteindelijk zal er meer onderzoek 
nodig zijn om te kijken of de immuunreactie cellen belemmert om botweefsel aan te maken. 
Ook lijkt het beter om een ‘off-the-shelf’ product te maken voor het optimaliseren van het 
gebruik van cellen voor botregeneratie. Hierbij zou één optimale donor geselecteerd kunnen 
worden, waarvan de MSCs flink worden vermeerderd. Daarmee worden vervolgens grote pel-
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lets op een gestandaardiseerde en reproduceerbare manier gemaakt en in een goede drager 
toegepast.

In hoofdstuk 4 t/m 7 wordt de “material-based” methode onderzocht. Hierbij wordt gebruik 
gemaakt van biomaterialen, ook wel botvervangers genoemd, die het botweefsel aanzetten tot 
regeneratie. 

In hoofdstuk 4 is gebruik gemaakt van fibrine in het non-union model, dezelfde drager 
die ook al eerder werd gebruikt in hoofdstuk 3. Omdat fibrine in vergelijkbare concentratie al 
aanwezig is bij natuurlijke botgenezing lijkt het door zijn permeabiliteit voor (bot)cellen een 
goede drager te zijn, te meer omdat het zonder andere toevoegingen een zekere mate van 
botformatie laat zien. Indien we echter een kleine hoeveelheid van de groeifactor bone mor-
phogenetic protein (BMP) toevoegen aan de fibrine, blijkt het een fantastisch goed resultaat te 
geven. Het gehele botdefect wordt gevuld met nieuw botweefsel op exact dezelfde plaats als 
het oorspronkelijke bot. Met andere woorden: er ontstaat in een periode van 8 weken een vol-
ledige reconstructie van het corticale bot. Aangezien fibrine van zichzelf geen stabiliteit geeft, 
is er gezocht naar vulmiddelen die ook mechanische draagkracht hebben en gebruikt kunnen 
worden bij botdefecten op plaatsen waar krachten worden overgedragen. 

In de hoofdstukken 5 t/m 7 is hiervoor gebruik gemaakt van hoog poreus titanium. Met 
geavanceerde 3D metaalprinters kan sinds enkele jaren metaal zoals titanium met hoge nauw-
keurigheid worden geprint in nagenoeg elke vorm en porositeit. 

In hoofdstuk 5 is onderzocht of twee botvervangers, puur titanium en een titaniumlege-
ring, met exact dezelfde topologische vormen en porositeit een andere botformatie geven. Het 
meer buigzame puur titanium genereerde meer botweefsel, maar was tevens minder sterk. 
De hogere botformatie van puur titanium komt mogelijk doordat er meer lokale deformatie 
plaatsvindt, hetgeen aanleiding kan zijn voor een grotere osteogene trigger. Het zou echter ook 
verklaard kunnen worden uit het feit dat puur titanium een betere biocompatibiliteit heeft dan 
de legering. 

In hoofdstuk 6 & 7 lieten we zien dat botregeneratie in titanium botvervangers verbeterd 
wordt als BMP toegevoegd wordt aan fibrine en in het poreuze titanium gestopt wordt. De 
oorspronkelijke hypothese was dat hoog moleculair gewicht (HMW) fibrine beter zou werken 
dan de standaard klinisch toegepaste fibrine (Tissucol), omdat voorgaand onderzoek liet zien 
dat het cel migratie en angiogenese zou verbeteren. In hoofdstuk 6 zagen we echter dat, zonder 
BMP, HMW fibrine net zo veel bot genereert als Tissucol in titanium. In hoofdstuk 7 hebben we 
wederom BMP toegevoegd en zagen we dat het klinisch toegepaste en makkelijke beschikbare 
Tissucol (fibrine) dezelfde resultaten geeft als HMW fibrine, in het non-union model. Beide 
soorten fibrine waren in combinatie met BMP geladen in titanium sterker dan een normale 
cortex. Hier moeten we echter wel vermelden dat Tissucol in deze studie in een fysiologische 
concentratie gebruikt werd, hetgeen een andere concentratie is dan de weefsellijm waarvoor 
Tissucol normaal gebruikt wordt. Er werden in geen van de studies waarbij BMP werd gebruikt 
bijwerkingen gezien. In het laatste decennium is er echter veel negatieve publiciteit geweest 
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over de bijwerkingen ontstaan na het gebruik van BMP. BMP is toegelaten op de markt als 
middel bij een spondylodese operatie, waarbij er BMP wordt aangebracht in een spons van 
collageen. De beschreven bijwerkingen, zoals ectopische botformatie en lokale botresorptie, 
ontstaan mogelijk doordat een relatief hoge dosis BMP uit de collageenspons lekt. Wij denken 
dat de spons niet het juiste dragermateriaal is en laten in de hoofdstukken 4, 6 en 7 zien dat 
de combinatie fibrine-BMP een aantrekkelijkere optie is. Bij het gebruik van BMP in de kliniek 
zal gezocht moeten worden naar de ideale concentratie van fibrine als drager voor zeer lage 
doseringen BMP. Indien er mechanische stabiliteit gewenst is, zal er een titanium botvervanger 
gebruikt kunnen worden, waarbij in de toekomst gezocht moet worden naar het verbeteren 
van de in-elastische eigenschappen van de titanium botvervangers, omdat dit de botregene-
ratie beïnvloedt. 

In de hoofstukken 8 t/m 10 is getest of schokgolftherapie als een “stimulus-based” manier 
voor botregeneratie geschikt is. De methode die door ons gebruikt is, betreft het gebruik van 
een apparaat dat een divergente schokgolf aanmaakt, oftewel electrohydraulisch gegenereerde 
impulsen. 

In hoofdstuk 8 werden drie verschillende poreuze botvervangers in het non-union model 
bij de rat geplaatst. De helft werd met schokgolftherapie behandeld en vergeleken met niet-
behandelde botvervangers. Kort na de behandeling met schokgolven werd meer bot gezien in 
zowel de botvervanger hydroxyapatiet als in poreus titanium. Bij de botvervanger tricalcium 
fosfaat werd er geen positief effect gezien van de schokgolven, vermoedelijk omdat deze snel 
resorbeert en daarbij de anabole effecten van schokgolftherapie teniet worden gedaan. Een 
andere verklaring zou kunnen zijn, dat tricalcium fosfaat een lagere porositeit heeft, waardoor 
de botvervanger de schokgolftherapie verhindert. 

In hoofdstuk 9 werden schroeven geplaatst in beide achterpoten van ratten in corticaal en 
trabeculair bot. Het ene been werd wel behandeld met schokgolftherapie en het andere niet. 
Hierbij zagen we dat schokgolftherapie meer bot genereerde rondom schroeven, die corticaal 
geplaatst waren en daarbij zorgde voor een stevigere fixatie. Dit zou klinisch toepasbaar kun-
nen zijn bij patiënten met een lagere botdichtheid, waarbij schroeven soms uitbreken. Echter, 
we zagen ook de vorming van een extra cortex bij sommige ratten, waarbij de oude cortex 
verdween. 

Aangemoedigd door de resultaten van hoofdstuk 8 & 9 besloten we een klinische studie 
te verrichten om aan te tonen dat schokgolftherapie bot kan vormen bij patiënten zonder 
bijwerkingen te genereren. 

In hoofdstuk 10 is deze studie beschreven, waarbij patiënten zijn geïncludeerd die electieve 
chirurgie ondergingen voor de rug of onderste extremiteiten. Er werd peroperatief een schok-
golfbehandeling verricht aan één onderarm, waarbij de contralaterale onderarm als controle 
werd gebruikt. Vervolgens werd de botdensiteit na zes en twaalf weken bepaald met behulp 
van botdichtheid scans. De studie liet zien dat er, zoals verwacht, inderdaad geen bijwerkingen 
waren van de schokgolftherapie, maar helaas was er ook geen toename van botdichtheid. Dit 



192 Chapter 13

zou goed verklaard kunnen worden uit het feit dat er een te lage intensiteit van de behande-
ling voor de pols is toegepast. Dit zou kunnen ontstaan doordat het hier een divergerende 
schokgolf betrof, in plaats van de meer gebruikte convergente schokgolven. Het voordeel van 
de divergente schokgolven is dat er een groter gebied wordt bereikt, maar dit gaat ten koste 
van de intensiteit van de lokale behandeling. In de toekomst zal er beter uitgezocht moeten 
worden hoe schokgolftherapie werkt, zodat er gerichter gezocht kan worden voor welke 
indicaties schokgolftherapie daadwerkelijk geschikt is. Tevens moet schokgolftherapie meer 
gestandaardiseerd en geoptimaliseerd worden wat betreft timing, intensiteit en het karakter. 
Dit omdat dit van belang lijkt te zijn voor de resultaten van schokgolftherapie op botformatie. 

De vorm van botregeneratie die nodig is, lijkt afhankelijk van meerdere factoren, zoals het 
type, de grootte en de locatie van het botdefect. Daarnaast hangt het een en andere af van de 
toestand van de patiënt en infrastructuur van het ziekenhuis: of er mogelijke infectierisico’s 
zijn, de algemene botconditie van de patiënt, of er een stamcelfaciliteit beschikbaar is en of 
een schokgolfapparaat beschikbaar kan worden gesteld in de operatiekamer. Tenslotte spelen 
er uiteraard ook economische factoren mee. De selectie van de vorm van botregeneratie zal 
gebaseerd moeten worden op basis van een goede indicatiestelling, duidelijke kennis van de 
verschillende opties en patiënt-specifieke voorkeuren. Het is echter tot nu toe niet volledig 
duidelijk hoe botregeneratie werkt, een gegeven dat veel opties biedt voor nieuw onderzoek, 
maar ook de vrijheid voor gissen en missen.

In de toekomst zullen clinici en onderzoekers een brug moeten maken om botregeneratie te 
verbeteren, door goed samen te werken en de verschillende opties te testen in goed opgezette 
preklinische modellen of klinische trials.
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phD pORTFOLIO
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Amsterdam: unfocused extracorporeal shockwaves:
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- Netherlands Institute of Regenerative Medicine (NIRM) 2013
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Hypertrophic chondrocytes from hMsC differentiated pellets
enhance bone regeneration in critical bone defects in the rat femur
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Wnt-signaling in shock waved induced bone regeneration
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- 17th international congress of the International Society for Medical Shock-
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induced bone regeneration
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of the ONLAT Federation, Bogota: the effects of mechanotransduction in bone 
turnover & shock wave effects on bone implant osteointegration & shock wave 
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cally differentiated xenogeneic MsCs in endochondral bone regeneration
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Grants
- Annafonds|NOREF : ‘From cartilage to bone’ 2014
- AO start up grant (D. Gawlitta): Osteo-immunology in clinical translation of 
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wave Therapie
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Supervising Master’s theses
- Supervising Life sciences students (Jos Koopman and Bas van Rooij) in their 

(final) internship for the master zoology
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- Supervising medical, pharmaceutical sciences and molecular biology students 
(Eline Huethorst, Marielle Scholma, Ana Garcia, Lieke Bok and Lisa Preimel) in 
their scientific period for the master ‘Regenerative Medicine’

2013-2015
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DaNKwOORD

Met het voltooien van mijn proefschrift hoop ik, net als Dr. Sebastiaen Egbertsz, die de oste-
ologieles geeft op de omslag van mijn boekje, ook als ‘Dr.’ door het leven te gaan. Zonder jullie 
was dit nooit gelukt. Lieve allemaal, ontzettend bedankt voor al jullie hulp,  aanmoediging en 
kritische vragen.

In het bijzonder wil ik mijn promotor Harrie Weinans bedanken. Van te voren had ik in de 
wandelgangen horen zeggen dat dit echt een professor was en als je iets dieper op het bot in 
wilde gaan, je bij hem moest zijn. En dat klopt. Wat heb ik ontzettend veel geleerd: niet alleen 
inhoudelijk, maar ook persoonlijk. Harrie, je hebt me alle kansen gegeven, we hebben samen 
gepuzzeld, onze weg gevonden in Utrecht en met name ook goede discussies gehad, met of 
zonder drankje erbij. Bedankt voor deze basis voor de rest van mijn carrière.

En hoewel Harrie in Utrecht mijn dagelijks begeleider werd, was dat daarvoor Olav van der 
Jagt. Wat een reis is het geweest. Nu houd ik gelukkig van reizen. Maar soms wist ik niet wat de 
bestemming was. Gelukkig liet je me dan even zwerven, maar wel hield je me op de rails door 
op de vrijdagen, als de kids op bed lagen, alle ins en outs op het gebied van schokgolftherapie 
met me te bespreken. Maar veel andere onderwerpen werden ook niet ongemoeid gelaten: 
diermodellen en die vieze vuile stinkstad Amsterdam. Het hoogtepunt kwam al vrij snel, het 
congres naar Wenen, waar we gezamenlijk per ongeluk in een hardloopwedstrijd verzeild 
raakten, eindigend in het Ernst Happel stadion, alwaar Ajax ooit de Champions League won. 
Maar Olav begon niet te mokken, maar bleef lekker shocken! 

Mijn andere promotor Cumhur, op de achtergrond altijd daar. Je hielp waar je kon, al was 
het alleen maar met bemoedigende woorden. Je kamer stond altijd open, elke vraag mocht ik 
stellen. Of gewoon een gezellig praatje op de NOV of op een promotiefeestje. Bedankt voor al 
je input en de gezellige, bijzondere feestjes bij jullie thuis.

En co-promotor Debby, mijn aanspreekpunt voor alle basaal-wetenschappelijke vragen die 
ik had en die jij altijd wist te beantwoorden. Soms werkten we veel samen, soms wat minder, 
maar altijd was de samenwerking prettig en waren de snoepjes lekker. En tenslotte niet alleen 
de bekroning van dit proefschrift, maar ook allebei een klein meisje in ons leven. Geniet van 
Bobbie en hopelijk zien we elkaar nog vaak.

Beste leescommissie, bedankt voor alle energie die jullie er in hebben gestopt. En hoewel 
jullie pas op het laatst in beeld zijn gekomen, kende ik de meesten van jullie al. Rene, jou wil 
ik in het bijzonder bedanken voor je openheid. Jij bent een van mijn grote voorbeelden, altijd 
relaxed, stelt iedereen op zijn gemak en staat open voor ieders suggesties, maar bovenal een 
super goede orthopeed en feestneus!

Mijn paranimf Tante, NU ga IK promoveren. Het antwoord op je vaak gestelde vraag. Be-
dankt voor je altijd aanwezige betrokkenheid. En paranimf Dino, zet het volume maar hard, 
boek een ticket naar de Hula Hula bar, we komen er aan. Het feest kan beginnen. 
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Special thanks to Carlos, el patron, the shock wave-professor. Since the moment we met, 
we knew we will always be friends. 

Mijn Erasmus-vrienden: Marjan, onderzoek doen begon eigenlijk bij jou. Kop koffie aan 
de tafel op de 15de verdieping in de Erasmustoren. Sinds dat moment wist ik dat het hele-
maal goed ging komen. Maar uiteindelijk hadden we nog meer plezier buiten het Erasmus. Je 
kwam helemaal naar onze bruiloft in Kroatië, maar nog meer bijzonder waren de festivals en 
after parties in Amsterdam, maar ook in Berlijn. Ik hoop de plek van De Muur nog eens met 
je te zien. Johan, bedankt dat ik jouw mooie werk mocht voortzetten en bedankt voor alle 
diepgaande gesprekken die we hadden tijdens de operaties op de ratten. Maar met name ook 
bedankt voor de leuke feestjes en het uitstapje naar het Westland. Ik hoop dat we ooit weer 
gaan samenwerken, want daar zijn we goed in. Michiel, Rintje, Jasper, Callie An, Sandra, Anna, 
Belle, Gerjo, Lizette, Maarten, Wu, Mieke, Nienke, Nicole, Roberto, Yvonne, Wendy, Janneke, 
Caoimhe, Niamh bedankt voor het supporten van mijn weekendje-weg-gewoonte. 

Mijn UMC-vrienden: Huub, wat ben jij toch een fantastische kerel met een prachtvrouw. Be-
dankt voor alle gesprekken tijdens het drinken van een koffietje en wat fijn dat we al deze mooie 
gebeurtenissen samen mogen meemaken. Saber, thank you for all your very quick responses 
and all your hard work on the difficult TU Delft stuff. But more important, thank you for being 
such a friendly and nice person. You have taught me a lot and you deserve the best. Together 
with Amir you have learnt me more about technical stuff, which will help me a lot in my work 
as an orthopedic resident. Behdad, thank you for all your kind words and help and keeping the 
door always open. I know you will have a bright future and I hope one day we can work together 
again. Parisa, it was a pleasure to have met such a nice woman like you. I think we have learned 
so much from each other. Iranian and a Dutch girl, the bond will always stay. Moyo, zonder jou 
waren mijn artikelen van een stuk lager niveau geweest. Als jij er met je kritische blik doorheen 
was gegaan en ik had er naar geluisterd, dan wist ik zeker dat de paper geaccepteerd ging 
worden. Naast je wetenschappelijke ambitie waardeer ik zeker ook je sociale en avontuurlijke 
karakter. Anne, Mechteld, Willemijn, Anita, Jetze, Tom, Tommie, Lucienne, Michelle, Rhandy, 
Michiel, Razmara, Vivian, Joao, Imke, Said, Saskia, Maaike, Loek, Chella, Jonneke, WP, Rob, en 
Sebastiaan, van tafeltennis tot NOV feestjes, wat was het PhD-leven toch fantastisch met jullie.

Collega’s van het Antonius ziekenhuis, bedankt voor jullie steun bij de laatste loodjes. 
Liefste Medicinas, ja en dan ben ik toch voorlopig echt de laatste van de promovendi die 

dit boekje dicht kan slaan, maar vele andere zal gaan openen.  Lieve VU-tang clan, lieve Billy, 
Lisa, Lola, Takkie, Rox, Maren Claire, Martine, Dolly, en al jullie dochters (en Hein) en mannen. 
Voor altijd vrienden, van gay pride tot vakanties, tot borrels door de hele stad. Zonder jullie was 
Amsterdam heel anders. Jenny, Marianne en Lotte wat een heerlijk bij elkaar geraapt zooitje 
vriendinnen en altijd in voor dinertjes, concerten of lekker naar de markt. Marije, mijn oudste 
vriendinnetje, al zie ik je soms een paar maanden niet, binnen een minuut lijkt het alsof we 
elkaar gister nog zagen. Bedankt voor je luisterend oor en altijd vragen hoe het gaat met mij 
en mijn promotie. 
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En voor mij misschien wel het allerbelangrijkste: mijn familie.
Mamsie, bedankt voor je eeuwige geduld. Zo fijn dat je me zo goed kent. Een hele stevige 

knuffel. Paps, het leven is een groot feest. En dat zal het altijd blijven. De waarheid is nooit 
precies zoals je denkt dat hij zou zijn (Johan Cruijff). Steven, mijn oudste broer, wanneer ga jij 
promoveren? Misschien dat Daniël en Julia wat mooie tekeningen kunnen maken ervoor. Eefje, 
wat fijn dat we het lekker over de kleintjes kunnen hebben en niet meer over mijn promotie. 
Maarten, mijn bijzonder lieve broer, je bent een schat. En met Nancy en Florian erbij is het 
leven heel erg mooi. Judith, bedankt voor al je kritische vragen en je overheerlijke diners waar 
we deze konden bespreken, naast alle andere dingen in het leven. 

Allerliefste Jelle, met jou is het leven als de beste vakantie ooit, ook al zijn we (een keer) niet 
op vakantie. Lief klein meisje Olivia, onze Copito, wat ben je mooi. Ik hoop dat je later mijn 
boek er ook eens bij pakt, want ook jij hebt de laatste loodjes meegemaakt. Maar die zijn nu 
voorbij! FEEST!
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aBOUT ThE aUThOR

Marianne (van der Steeg)-Koolen is geboren op 15 januari 1985 in het AMC te Amsterdam. 
Haar jeugd heeft ze doorgebracht in Abcoude en Waalre. Na de basisschool behaalde zij haar 
gymnasium diploma op het Hertog Jan College te Valkenswaard. Al werd er eerst gedacht aan 
het beroep van lerares, al snel ontstond de fascinatie voor het menselijk lichaam en in 2003 
begon zij met de studie geneeskunde aan de Universiteit van Amsterdam. Na een wereldreis 
waarin vrijwilligerswerk werd gedaan in onder andere Nepal, werd in 2008 begonnen met de 
co-schappen. Deze werden eind 2010, begin 2011 afgerond met een reis door Oost-Afrika en 
een co-schap chirurgie in Kameroen. Na een jaar als ANIOS chirurgie te hebben gewerkt in het 
AMC, waar de interesse voor onderzoek volledig tot bloei kwam en de master ‘Evidence Based 
Medicine’ met succes werd afgerond, begon zij in 2012 aan haar promotie onderzoek in het 
Erasmus MC. Echter na een jaar werd in verband met verhuizing van haar professor de overstap 
naar het UMC Utrecht gemaakt. In 2016 is zij gestart met de vooropleiding Heelkunde in het 
OLVG en begin 2018 begon haar vervolgopleiding tot orthopedisch chirurg in het Antonius 
Ziekenhuis. Ze woont en leeft in Amsterdam en buiten werk en onderzoek is ze graag buiten 
actief, voornamelijk op de fiets, ski´s en schaats. Dit het liefst met haar man Jelle van der Steeg, 
vrienden en familie, en met haar prachtige dochter Olivia.




