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Introduction

The progress made in recent years in the areas of 
biotechnology, tissue engineering, biomaterials, cell 
and molecular biology, polymer science, and other 
related fields has resulted in numerous medical and 
pharmaceutical advances. Of particular significance is the 
progress that has been made in the areas of implantable 
devices and drug/device combination products, such as 

drug-eluting stents,1–5 artificial organs,6–9 biosensors,10,11 
catheters,12 scaffolds for tissue engineering,13–15 and 
heart valves.16,17 Nevertheless, the biocompatibility of 
implantable devices remains a critical issue in limiting 
device longevity and functionality, particularly in the case 
of biosensors. The foreign body reaction to implantable 
devices also presents a significant risk for patients. 

SYMPOSIUM

Abstract
In recent years, a variety of devices (drug-eluting stents, artificial organs, biosensors, catheters, scaffolds for 
tissue engineering, heart valves, etc.) have been developed for implantation into patients. However, when 
such devices are implanted into the body, the body can react to these in a number of different ways. These 
reactions can result in an unexpected risk for patients. Therefore, it is important to assess and optimize the 
biocompatibility of implantable devices. To date, numerous strategies have been investigated to overcome 
body reactions induced by the implantation of devices. This review focuses on the foreign body response and 
the approaches that have been taken to overcome this. The biological response following device implantation 
and the methods for biocompatibility evaluation are summarized. Then the risks of implantable devices and 
the challenges to overcome these problems are introduced. Specifically, the challenges used to overcome the 
functional loss of glucose sensors, restenosis after stent implantation, and calcification induced by implantable 
devices are discussed.
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Various natural, synthetic, and semisynthetic materials 
are currently utilized in the fabrication of implantable 
devices. Naturally occurring materials include collagen,18,19 
chitosan,20–22 alginate,23 hyaluronan,24 and dextran.25,26 
Commonly used synthetic polymers include poly(lactic 
acid)(PLA) and poly(lactic-co-glycolic acid)(PLGA),27–33  
poly(ethylene glycol)(PEG),34–36 2-hydroxy ethyl methacrylate,33 

and poly(vinyl alcohol)(PVA).37–39 Although these materials 
are commonly used and considered to be relatively 
biocompatible, a number of studies have shown that 
devices made from these materials have biocompatibility 
issues.40 In addition, it has been shown that biological 
reactions that are adverse for a material in one application 
may not be adverse for the same material in a different 
application.41 Similarly, a material found to be safe in  
one application may not be safe in another application.41

This review focuses on the foreign body reaction induced 
following the implantation of devices. The biological 
response following device implantation and methods for 
biocompatibility evaluation are summarized. Then the 
risks associated with implantable devices and challenges 
used to overcome these problems are introduced. 

Biological Responses to Implantable 
Devices

Inflammatory Reaction
The inflammatory response is caused by the tissue injury 
that results from implantation of the device as well as 
the continual presence of the device in the body. When 
a tissue is injured by device implantation, a wound 
healing response is initiated through a series of complex 
events.42,43 The main stages in this process include acute 
inflammation, chronic inflammation, and the formation 
of granulomatous tissue. 

The acute inflammatory response is of relatively short 
duration (up to a few days).42 This phase is mostly 
responsible for provisional matrix formation and cleaning 
of the wound site.42,43 To begin with, vessels dilate and 
excess blood flows into the injury site and then a blood  
clot, which is composed mostly of fibrin, is formed to 
close the wound.42,44 The permeation of salts, proteins, 
and water through the endothelial tight junctions of 
the capillary walls is increased, resulting in edema.45 
This response results principally from hemodynamic 
forces and is presumably an attempt by the host to 
dilute the insulting agent, reducing the concentration 
of harmful molecules. Numerous blood and tissue 
proteins such as cytokines and growth factors are 
released, and leukocytes adhere to the endothelium 

of the blood vessels and infiltrate the injured site.46–48  
Cells are recruited rapidly to the injury site; during the 
acute inflammatory phase, these are mainly neutrophils, 
which are the main component of white blood cells. 
Monocytes are then called into the site and these 
differentiate into macrophages. These phagocytic cells act 
to remove foreign material (such as bacteria and dead cells) 
to clean up the wound site. 

Persistent inflammatory stimuli, such as the continual 
presence of a foreign object, lead to chronic inflammation. 
This phase is generally characterized by the presence of 
macrophages, monocytes, and lymphocytes, as well as 
the proliferation of blood vessels and connective tissue 
to restructure the affected area.49,50 The restructuring 
phase proceeds as follows. The fibrin clot formed during 
the acute inflammatory phase is converted into a highly 
vascularized granulation tissue by the proliferation 
of fibroblasts and vascular endothelial cells. Growth 
factors such as platelet-derived growth factor, fibroblast 
growth factor, transforming growth factor-b (TGF-b), 
TGF-a/epidermal growth factor, interleukin-1, and tumor 
necrosis factor are important for the generation of fibrous 
tissue and blood vessels, as well as for the regeneration 
of epithelial cells.51–55 The formation of blood vessels 
is essential to wound healing, supplying necessary 
nutrients. The new blood vessels are formed by budding 
or sprouting of preexisting vessels in a process known 
as neovascularization or angiogenesis.56,57 Fibroblasts 
are active in synthesizing collagen and proteoglycans. 
Eventually, the granulation tissue is replaced by an 
extracellular matrix (ECM). ECM is a structural network 
of macromolecules surrounding stromal cells that underlies 
most endothelia and epithelia. The ECM consists of 
four major macromolecules—collagen, elastin, structural 
glycoproteins, and proteoglycans—and acts not only as 
a physical scaffold, but also as a crucial modulator of 
biologic processes, including differentiation, development 
regeneration, tumor progression, and repair.58,59 Chronic 
inflammation is less uniform histologically compared to 
acute inflammation, and the wound healing response is 
generally dependent on the extent or degree of injury. 

Figure 1 shows representative micrographs of 
subcutaneous tissue following implantation of PVA 
hydrogel/PLGA microsphere composites (containing no 
drug) into the subcutaneous tissue of rats. Figure 1A 
is typical of the acute inflammatory response 
(day 3), with a large infiltration of neutrophils into 
the local site. Figure 1B is representative of chronic 
inflammation (day 30), multinucleate giant cells, fibrosis, 
and mixed inflammatory cells are present. In Figure 1C,  
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mineralization (yellow box) can be seen around the 
implant at 60 days. Figure 1D shows fibrosis around 
the implant, and collagen is stained blue using Masson’s 
trichrome stain at day 30.

Foreign Body Reaction 
A biomaterial implanted into the body induces a foreign 
body reaction.44,60 According to review articles, the  
degree of this reaction depends on the properties of the 
device, such as (1) shape, (2) size, (3) surface chemistry 
and roughness, (4) design, (5) morphology and porosity,  
(6) composition, (7) sterility issues, (8) contact duration,  
and (9) degradation.44,61–64 Following implantation, a 

polymer–blood interface is immediately created and 
nonspecific absorption of blood and tissue fluid proteins 
onto the surface of the device is induced.65 In fact, the 
extent of nonspecific protein absorption can be used to 
evaluate the degree of biocompatibility of the device. 
Following nonspecific protein absorption, immune and 
inflammatory cells such as monocytes, leukocytes, and 
platelets intervene in order to protect the body from 
the foreign object. The end stage of the foreign body 
reaction involves walling off the device by a vascular, 
collagenous fibrous capsule that is typically 50–200 mm 
in thickness.43 This fibrous wall confines the implanted 
device and prevents it from interacting with surrounding 
tissues. 

Figure 1. Foreign body response to PVA hydrogel/PLGA microsphere composites (containing no drug) implanted into the subcutaneous tissue 
of rats. (A) Acute inflammation at day 3 after implantation (green arrow: neutrophils). (B) Chronic inflammation at day 30 after implantation  
(dark green arrow: multinucleate giant cells; light blue arrow: fibrosis; and black arrow: mixed inflammatory cells). (C) Mineralization (yellow box) 
around the implant at day 60. (D) Fibrosis around the implant (yellow arrows) stained with Masson’s trichrome stain (collagen is stained blue).  
Bar: 100 µm.
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Biocompatibility Testing 	
It is generally accepted that the term ‘‘biocompatibility’’ 
is defined not only by the lack of cytotoxicity of a bio-
material, but also by the biofunctionality of the material, 
which enables it to support cell–biomaterial interactions 
according to the local and organ-specific situation where 
the biomaterial is applied.66 Biocompatibility studies on 
an implantable device require complex experiments both  
in vitro and in vivo in order to test the local and systemic 
effects of the material on culture cells, tissue sections, 
and the whole body. In vitro cell culture tests are often 
used to screen the biocompatibility of implantable 
devices. Such tests are sensitive, reliable, convenient, and 
reproducible screening methods.40,67,68 Permanent cell 
lines are generally employed for such in vitro testing.  
For instance, a rat primary culture of osteoblasts is a well-
established model used to investigate biocompatibility 
by evaluating cellular viability.69–72 Osteoblasts support 
the formation, secretion, and mineralization of the 
extracellular bone matrix and thus provide important 
parameters in the study of biomaterial/cell interactions. 

International Organization for Standardization (ISO) 
10993 provides a series of standards for evaluating the 
biocompatibility of a medical device prior to clinical 
testing. In vitro testing is covered by ISO 10993-5 73 
and includes positive and negative control materials, 
extraction conditions, and choice of cell lines and cell 
media, as well as important aspects of the test procedures, 
including tests on extracts and tests on direct and 
indirect contents. The standard also allows for qualitative 
or quantitative evaluation. Short- and long-term medium 
(modified eagle’s medium, MEM) extraction tests defined 
in ISO 10993-5 are widely accepted. The typical method 
of the MEM extraction test is described as follows.  
The test material is extracted in Dulbecco’s modified 
eagle’s medium. In the short-term test, the extraction 
period is generally 24 hours, whereas in the long-term 
test it takes weeks to months for the extraction. Before 
initiating the test, the culture medium is replaced by the 
same amount of extraction fluid and the response of the 
cells is evaluated. 

Evaluation of the biocompatibility and biofunctionality 
of materials is conducted by methods based on the 
assessment of cytotoxicity, mutagenesis/carcinogenesis, 
and cell biofunction.40,67,68,74–76 Regarding cytotoxicity testing, 
the 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium 
bromide (MTT) assay is the most popular. MTT is a 
standard colorimetric assay for measuring cellular 
growth. MTT is a soluble compound by nature, which 

when reduced by the mitochondrial enzyme present in 
living cells, it turns into formazon, which is a purple-
colored, water-insoluble compound. The amount of living 
cells in the sample can be estimated by measuring the 
amount of formazon spectrophotometrically following 
dissolution in a suitable organic solvent. The Ames test 
is the most widely accepted method used to evaluate  
mutagenesis/carcinogenesis. This method involves the 
detection of mutations in the metabolic function of 
bacteria and uses a strain of Salmonella typhimurium that 
carries a defective (mutant) gene. This bacterium cannot 
synthesize the amino acid histidine from the ingredients 
in the culture medium. However, some types of mutations 
(including this one) can be reversed, by a back mutation, 
where the gene regains its function following exposure 
to the mutagenic substance. These revertants are able 
to grow in a medium lacking histidine. By comparing 
the number of colonies of revertants, mutagenesis and 
carcinogenesis induced by materials can be estimated.  
To evaluate the biofunctionality of cells, various 
parameters, such as cell adhesion, spreading, and 
biosynthetic function, are employed. 

Koschwanez and colleagues77 introduced a method of 
in vivo biocompatibility testing of implantable glucose 
sensors to be used for diabetes management. The cage 
implant system is an in vivo method used to assess the 
inflammatory response to a biomaterial78–80 or biosensor.81 
Briefly, the specimen of interest is inserted into a stainless 
steel mesh cage, which is implanted into animals. The 
exudates from the cage are collected over the course 
of the experiment and examined for the presence of 
inflammatory cells, enzyme secretions, and cell–material 
interactions, including fibrous encapsulation and the 
presence of infection.81 This method allows for serial 
examination of the fluid surrounding the sensor, without 
sacrifice of the animal until the end of the experiment. 
However, this method is limited as only fluid, not tissue, 
is examined. The tissue chamber system provides an 
alternative method. A lightweight aluminum or titanium 
frame is fastened chronically to the back of the animal 
(e.g., rat or hamster82,83). A skin fold is secured between 
the two plates using stainless steel bolts, and the 
implanted device, such as a biosensor, is inserted into 
the skin fold. This system is convenient for histological 
evaluation of the sensor. Real-time visualization of the 
device is possible by removing the skin and covering 
the site with glass. This system is also used to visualize 
tumor growth and microvascularization. Although these 
methods are helpful, a serial sacrifice study involving 
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explantation of tissue samples and pathohistological 
examination is often required to assess inflammation, 
fibrous encapsulation, and calcification of the device  
and surrounding tissue.

Challenges to Overcome Problems Induced 
by Implantable Devices

Functional Loss of Glucose Sensor Due to Fibrosis 
Encapsulation
Monitoring blood glucose concentrations is important for 
an intensive insulin regimen for patients with diabetes. 
Currently, metabolic monitoring depends on finger 
pricking and external monitoring several times per day 
to determine glucose levels. However, the pain and 
inconvenience of such testing reduce patient compliance. 
Implantable glucose sensors are a promising solution to 
this problem and, recently, numerous researchers are 
attempting to develop implantable glucose sensors.77 
These sensors offer a simplistic and minimally invasive 
means for routine monitoring of blood glucose levels. 
The subcutaneous tissue is regarded as an appropriate 
site for sensor implantation since it is easily accessible for 
insertion and removal. In addition, it has been reported 
that glucose concentrations in the subcutaneous fluid are 
directly related to blood glucose concentrations.77 Despite 
outstanding advances in the in vitro functionality of 
such sensors, it is difficult to achieve reliable long-term 
continuous glucose monitoring in vivo due to the gradual 
loss of sensor functionality following implantation. 
Rebrin and associates84 investigated the stability of 
glucose sensors following subcutaneous implantation into 
dogs. Their experiments were terminated as a result of 
loss of sensitivity of implanted sensors and/or instability 
of measurement. A similar functional loss of glucose 
sensors has been reported by numerous researchers.85–89 
Surgical implantation of glucose sensors is accompanied 
by tissue injury, and the surface of the device interacts 
with the body for a long time, both initiating and 
maintaining the foreign body reaction. Most functional 
loss of biosensor activity is assumed to be caused by 
histological changes that occur in the tissue surrounding 
the implant (specifically, inflammatory reaction and/or 
fibrous encapsulation). There are many implications in  
the literature that glucose diffusion is influenced 
negatively by nonspecific protein absorption from the 
tissue fluid to the sensor surface,85,90 and the fibrous 
capsule that forms around implanted sensors restricts 
the transport of even low molecular weight analytes 
such as glucose to the sensor surface.91–98 Consequently, 
maintaining glucose sensor function in an in vivo 
environment remains a key challenge. 

To overcome this issue, a wide range of approaches has 
been reported. Numerous materials have been employed 
as coatings. In order to minimize tissue reactions around 
the sensors, Ju and colleagues99 developed a three-
dimensional porous collagen scaffold, which was prepared 
by cross-linking collagen with nordihydroguaiaretic acid. 
This scaffold is stable to incubation with collagenase 
solution for 4 weeks, and the sensitivity of the coated 
sensor was not different from that of the uncoated sensor. 
Koschwanez et al.100 investigated porous PLA coatings to 
reduce fibrosis and promote blood microvessel formation 
in tissue adjacent to the sensor surface. Three-week 
subcutaneous rat studies showed the anticipated effect 
of porous PLA coatings enhancing vascularity and 
decreasing collagen deposition. Several researchers have 
used Nafion™ membranes as a coating material for the 
protection of biosensors.101–103 Nafion is an ionomer made 
from a sulfonated tetrafluorethylene copolymer. Results 
from these studies indicated that the coatings did not 
impair sensor function, suggesting the usefulness of 
these materials to enhance the function and lifetime 
of implantable biosensors by providing a controlled 
local environment around the sensors. In addition, 
hydrogel coatings have been applied in a broad range of 
biomaterial and pharmaceutical applications.104,105 These 
include poly(hydroxyethyl methacrylate),106,107 PEG,108 
polyurethane,109,110 and PVA.111 Coatings made from these 
polar, uncharged, water-swellable, flexible aqueous layers 
can mask the surface of the device and possibly improve 
sensor functionality and lifetime. PVA,111 as well as other 
hydrogel materials, is an attractive outer membrane 
coating for sensors because water-soluble analytes such 
as glucose can diffuse readily through the water-swollen 
polymer gel layer. The degree of analyte diffusion is 
modulated readily by controlling the cross-link density 
of the gel, which in turn controls the water content of 
the gel and the openness of the polymer network.111 

To suppress inflammation, anti-inflammatory agents 
can be applied at the site. For example, our group has 
been investigating the effect of coadministration of 
dexamethasone with biosensors.111–115 Dexamethasone is 
a strong anti-inflammatory agent and has an influence 
on platelet function, smooth muscle cell proliferation, 
and collagen synthesis.116–118 Our group developed a 
dexamethasone-loaded PLGA microsphere/PVA hydrogel 
coating.119,120 PVA is biocompatible and can be fabricated 
easily using the freeze–thaw technique,121 which is 
a mild cross-linking method and therefore avoids 
degradation of the electrochemical-sensing enzyme and 
of the drug-releasing polymer matrices (microspheres) 
entrapped within the hydrogel. PVA hydrogels possess 
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high stability under a range of temperature and pH 
conditions and can be constructed to have mechanical 
strength similar to that of human soft tissues.111,122  
PLGA microspheres containing dexamethasone were 
embedded in the PVA hydrogel to create a “smart”  
coating that allows rapid diffusion of the analytes 
with slow and controlled long-term release of the 
dexamethasone via the microspheres. These “smart” 
coatings were able to control the inflammatory reaction 
for 1 month.112–114 The same hydrogel coatings without 
drug are shown in Figure 1 to induce inflammation 
and fibrosis. This can be compared to Figure 2 where 
subcutaneous tissue samples taken from rats implanted 
with dexamethasone containing “smart” coatings (at  
days 7 and 30) are similar to that of normal tissue.

In addition to suppressing the inflammatory reaction, 
enhancement of neovascularization at the implant site 
may improve sensor lifetime. Since fibrosis-associated 
vessel regression is assumed to be a major factor in 
the loss of biosensor function in vivo, researchers have 
hypothesized that neovascularization at the site of sensor 
implantation would enhance biosensor function directly. 
To induce neovascularization at specific sites, vascular 
endothelial cell growth factor (VEGF) has been used  
with biosensors.123–127 Ward et al.125 infused VEGF) via 
an osmotic pump at the glucose sensor implant site. 
Glucose sensor function was found to be favored in 
the presence of a VEGF infusion port. They concluded 
that this was due to increased neovascularization in 
the surrounding foreign body capsule. Our laboratory 
has developed a VEGF- and dexamethasone-loaded 
PLGA microsphere/PVA hydrogel coating as a means  
to modify the environment around implanted sensors.127 
This coating succeeded in suppressing inflammation 
and fibrosis for the 4-week experimental period, as well 
as facilitating neoangiogenesis (Figure 3). This result 
suggested the possibility of markedly increasing sensor 

lifetime. A similar hydrogel coating system was reported 
by Norton and associates.126

Restenosis after Stent Implantation
Coronary stents are used for patients undergoing 
percutaneous coronary revascularization. Although the 
restenosis rate after coronary stent implantation is lower 
compared to balloon angioplasty, stent restenosis remains 
a major problem. The implanted stent contacts the vessel 
wall directly and protrudes into the endovascular tissue. 
This can harm the endothelial vascular tissue, resulting 
in an inflammatory reaction, which may play a key 
role in the process of neointimal proliferation, leading 
to restenosis.128,129 The risk of restenosis depends on the 
magnitude and persistence of the local inflammation.

Drug-eluting stents provide one solution to help prevent 
restenosis and these have been reviewed by Wu et al.130 
Sustained release of drugs incorporated in the stents 
provides the drug directly to the local tissue. Thus, a 
high drug concentration can be maintained at the stent 
site with only a minimal amount of drug reaching the 
systemic circulation. Thus systemic side effects can be 
avoided. To date, various drugs have been investigated, 
including immunosuppressive drugs (sirolimus, 
everolimus, tacrolimus, ABT-578), antiproliferative 
(paclitaxel, antinomycin, angiopeptin) and antimigratory 
(batimastat) drugs, and gene therapeutic reagents 
(antisense and siRNA, vascular endothelial growth factor, 
and endothelial nitric oxide synthetase).131–134

Among the available stent products, sirolimus is the 
most successful drug-eluting stent. Sirolimus-eluting 
stents have demonstrated dramatically reduced rates of 
restenosis compared to conventional bare metal stents  
in several clinical trials. The Cordis Cypher™ sirolimus-
eluting stent has been approved in the United States 

Figure 2. Pharmacodynamic changes in representative tissue sections after subcutaneous implantation of PLGA microsphere/PVA hydrogel 
composites (HC) containing dexamethasone. (A) Day 7 after implantation. (B) Day 30 after implantation. (C) Untreated normal tissue. Hematoxylin 
and eosin stains inflammation-mediating cells basophilic (purple) and subcutaneous connective tissue eosinophilic (pink).
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and in Europe135 and is deployed routinely in millions of 
percutaneous coronary intervention cases. The U.S. Food 
and Drug Administration approved Boston Scientific’s 
TAXUS Express2 ™ paclitaxel-eluting coronary stent.135 
Further improvements and novel innovations will be 
continued in an effort to reduce the risk of restenosis 
and to prolong and enhance stent functionality.

Calcification of Implantable Devices
Calcification is the process in which mineral calcium 
builds up in implantable devices. Calcification can 
dramatically compromise device function in vivo. For 
example, it is well known that calcification contributes 
to the failure of bioprosthetic heart valves. Although 

glutaraldehyde-pretreated porcine aortic valves are widely 
used to replace diseased heat valves, the functional 
durability of bioprosthetic heart valves is limited 
(lifetime of ~15 years). The mechanism of calcification 
is assumed to be associated with cell devitalization and 
accumulation of cellular debris following implantation.136 
To begin with, connective tissue cells are devitalized 
by several risk factors, such as mechanical damage and 
extraction of chemical cross-linking agents from the 
implantable device. Once tissue cells are devitalized, 
membrane phosphorus cannot work, which reacts with 
the calcium-containing extracellular fluid, resulting in the 
formation of calcium phosphate crystals. Figure 1C is an 
example of granulomatous tissue showing mineralization. 

Figure 3. Pharmacodynamic changes in representative subcutaneous tissue sections of rats implanted with PLGA microsphere/PVA hydrogel 
composites (HC) containing dexamethasone and VEGF combination over (A) week 1, (B) week 2, (C) week 3, and (D) week 4 postimplantation. Cells 
containing markers for angiogenesis are stained (smooth muscle actin staining).127
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The development of techniques to mitigate calcification 
is crucial in maintaining heart valve functionality. Much 
research has been conducted into the prevention of 
calcification of biomaterial implants. This research can 
be divided into two strategies. One is the combination 
of an implantable device and a drug delivery system137 
where drugs are used to assist in device biocompatibility. 
Applied drugs include ethanehydroxydiphophonate,138–143 
FeCl3 and AlCl3 (inhibitors of the growth and dissolution 
rate of hydroxyapatite crystals),142,144,145 levamisole 
(alkaline phosphatase inhibitor) and protamine 
sulfate (charge modifier),144 and dexamethasone (anti-
inflammatory agent).114 The other strategy is modification 
of the preparation procedure and of the components of 
implantable devices. For instance, ethanol preincubation 
is known to be effective in preventing the calcification 
of glutaraldehyde cross-linked heart valves.146,147 Since 
some surfactants such as sodium dodecyl sulfate 
reduce mineralization, these are used in commercial 
products, such as commercial porcine valves.148,149  
To prevent calcification induced by glutaraldehyde, 
chemical modification of the device surface has been 
investigated [e.g., using hyaluronic acid,152 sulfonated 
poly(ethylene oxide) and heparin,151,152 protamine,153,154 
bovine pericardium,155–157 and l-arginine156,157]. 

In addition to glutaraldehyde products, a number of 
researchers have reported the possibility that some 
materials regarded as being biocompatible induce 
calcification. These include collagen sponges,158 
polyurethane,159,160 and PVA.161,162 For instance, others 
have investigated the calcification properties of collagen 
sponges incubated in cell-free media and indicated that 
a cellular calcification of collagen-based biomaterials can 
occur under the culture conditions currently used in 
tissue engineering.158,163,164 Levy et al.164 implanted collagen 
sponges that were cross-linked with glutaraldehyde 
and formaldehyde subcutaneously into rats for 21 days 
and observed calcification. Golomb and associates 
reported the formation of calcium phosphate deposits 
in a polyurethane matrix in both in vitro159 and in vivo 
studies.137 Based on observations in human primary 
fibroblasts from hollow fibers, Schwenter et al.161 indicated 
the possibility that the PVA matrix induces calcification 
in vivo. It is probable that other biomaterials induce 
calcification, resulting in adverse effects. 

Conclusions
Implantation of devices such as glucose biosensors 
result in inflammation and fibrosis unless care is taken 
to overcome the foreign body response. The selection 
of materials for use with these sensors can minimize 

the body’s response, and there have been considerable 
advances in the development of biocompatible materials 
in recent years. In particular, use of a biocompatible outer 
coating that mimics the body tissue has been shown to 
minimize these negative responses while maintaining 
sensor functionality. This can be achieved through the 
use of a hydrogel coating. Anti-inflammatory agents 
released at the local site have been the most successful in 
preventing inflammation and fibrosis. A hydrogel coating 
has been developed that provides a slow release of anti-
inflammatory drugs and other agents while allowing 
rapid diffusion of analytes through the hydrogel for 
sensing.114,115,127 Research has also focused on the release 
of growth factors at the sensor site for the purpose of 
inducing blood vessel growth to ensure an adequate 
analyte supply. It is anticipated that these efforts to 
develop biocompatible materials for glucose biosensors 
will assist in the realization of totally implantable long-
term biosensors in the near future.
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