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7.1 INTRODUCTION

Delivery of therapeutics to their intended site of action is a complex process filled
with numerous barriers. As described in the previous sections, polymeric platforms
currently under development for intravenous (IV) delivery help achieve therapeutic
drug levels at the target site by protecting agents in micro or nano-constructs. These
constructs, in turn, can be manipulated by numerous techniques to be target specific,
capable of stimulus-triggered release, detected by various imaging modalities and used
for concurrent diagnosis and therapy. Despite the most sophisticated modifications, all
of these systems are nonetheless susceptible to the unrelenting transport issues asso-
ciated with IV administration. Particularly when the therapy objective is site specific,
IV administration results in systemic distribution and then refocusing of the delivery
to the target site. While this strategy has numerous benefits, in some instances an
alternative approach, that at the outset concentrates the therapeutic at the local site,
can be of considerable advantage.
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Implantable polymeric systems provide a platform for site-specific therapeutic
delivery. In stark contrast to IV delivery, implantable systems are designed to be
loaded with a high concentration of the therapeutic agent and implanted at a site only
once to deliver a specified level of drug over an extended period of time. The funda-
mental concept underlying this approach is referred to by many as “controlled drug
release.” In essence, the implantable formulations, constructed of either degradable or
nondegradable polymers, are able to modulate, through a wide range of parameters,
the rate of released drug(s) for a period of hours, weeks, or months. Why is this of
interest? The primary reason is patient compliance. This may seem like a simplistic
goal, but at the core, a therapeutic agent needs to be administered at regular incre-
ments in order to keep its plasma concentration within the therapeutic window. If
administration is frequent (as often is the case with labile proteins, for example) and
requires multiple injections, patient compliance will undoubtedly decrease. Hence, the
idea of loading an implant with a drug, placing it into a site and removing the patient
from the equation, should improve the overall effectiveness of any number of agents.
Such implants have been utilized clinically for decades providing long-term delivery
of contraceptives, hormones, and other therapeutic agents.

In addition to improving patient compliance, implantable delivery systems have
also been investigated as a means of local drug administration with the primary goal
of maximizing drug concentrations in the immediate vicinity of the implants, while
reducing systemic drug exposure to minimize unwanted side effects associated with
the drug. This is of particular interest in administration of agents with an extremely
narrow therapeutic window. The main applications of such devices have been in
the treatment of solid tumors with potent anticancer agents, drug eluting stents for
reduction of restenosis, and delivery of antibiotics for treatment of periodontal disease.

In this chapter, we discuss the application of polymeric implants in delivery
of therapeutics. The following sections outline the role of both nondegradable and
degradable implants in systemic and local drug delivery. We expound on the con-
cepts behind controlled release and discuss specific examples of each system that are
already utilized in the clinic. We first discuss the application of nonbiodegradable
polymers such as silicone and poly(ethylene-vinyl acetate) copolymers in surgically
implantable devices. We examine the differences between reservoir devices, where the
drug is entrapped within a polymer membrane, and matrix devices, where the drug is
distributed throughout the polymer network, and introduce the mathematical models
describing drug release profiles from these implants. We also examine specific prop-
erties of implants affecting release rate (eg., membrane porosity, pore/mesh size of
polymer network, affinity of drug to polymer), and the advantages and disadvantages
of this approach. The second part of this chapter discusses implants formulated with
biodegradable polymers. We review the formulation techniques, polymer degradation
mechanisms, and how these impact implant performance and drug release, and addi-
tional factors influencing drug release. Two types of formulations, namely, implantable
and injectable, are discussed along with pertinent concepts and case studies. Finally
we discuss the relevant challenges associated with these types of implants and provide
an overview of the future cutting-edge research directions currently underway in this
exciting field.
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7.2 NONDEGRADABLE POLYMERIC IMPLANTS

Early attempts at the temporal control of drug administration included tablet coatings
that slowly dissolve, suspensions (solid insoluble drugs in a liquid vehicle), as well
as emulsions (immiscible liquids combined to form a liquid drug in a liquid vehicle)
[1]. Not until the 1960s did the concept of using nondegradable implants for sustained
release of therapeutic agents become popular [1–3]. Nondegradable polymers were
used because they are relatively inert and biocompatible while offering a simple means
of controlling the release via diffusion through a semipermeable matrix [2, 3]. Judah
Folkman first proposed that silicone capsules could be used as a drug carrier for
a zero order release system due to the constant non-degrading matrix composition
and fixed geometry [4]. Silicone has many advantages, for use as a drug eluting
polymer depot, in that it is relatively inert, flexible, easily modified, and provides
almost constant, linear release of the loaded drug. Modifications can be achieved
by adjusting the degree of cross-linking which allows researchers to create tunable
periods of controlled long-term drug release [5]. Silicone has been used in several
commercially available contraceptive implants such as Norplant® (Leiras, Helsinki,
Finland) and Jadelle® (Schering Oy, Berlin, Germany) [2]. Additionally, silicone has
been used to deliver antibacterial drugs such as metronidazole and invermectin [6, 7]
as well as chemotherapeutic drugs such as carmustine [8, 9].

Another nondegradable polymer commonly used for controlled release appli-
cations is poly(ethylene-co-vinyl acetate) or EVAc. EVAc is typically used as a
drug eluting matrix and can deliver a range of therapeutics from proteins to low
molecular weight (Mw) drugs [10, 11]. Clinically, this system has been employed
to deliver the drug pilocarpine in order to treat glaucoma (Ocusert®, Johnson and
Johnson—formerly Alza Corp.) [12]. EVAc is also used in contraception applica-
tions, delivering the hormone etonogestrel from an implantable rod commercially
known as IMPLANON® (Organon, Oss Netherlands) [2]. While polydimethylsilox-
ane (PDMS) and EVAc are two of the most widely used nondegradable polymers in
the field of drug delivery, several other polymer systems have been developed over
the years. Polyvinyl alcohol (PVA) mixed with ethyl vinyl acetate (EVA) is utilized
in Vitrasert (Bausch and Lomb, Rochester, NY), a commercial implant that delivers
genciclovir into the eye to control cytomegalovirus retinitis common in AIDS patients
[13]. Polyurethane is utilized not only as a covering for silicone breast implants but
has also been used as an antibacterial coating for implants [14, 15].

7.2.1 Reservoir Versus Matrix Drug Delivery Systems

As introduced briefly in Chapter 1, most implantable controlled delivery systems
can be classified into one of two structure categories: reservoir or matrix systems.
Reservoir systems are defined as formulations in which the polymer is used to form a
hollow membrane casing that encapsulates a drug reservoir (Fig. 7.1) [5, 16, 17]. In a
reservoir system a drug does not need to be dissolved to be loaded into the implant,
just encased within the device. One drawback for these release vehicles is that the sole
driving force of release is diffusion, and as such the larger the drug is, the slower the
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Figure 7.1. Schematic representation of a reservoir system (a) and matrix system (b).

release rate will be. Additionally, if the membrane of the implant is ruptured, a bolus
release of drug may occur, which could be fatal for the patient [5, 18]. A common
example of a reservoir system is the Norplant silicone contraceptive implant. Release
from a reservoir system is driven by diffusion through a number of barriers. First the
drug must travel through the polymer membrane, then through the tissue surrounding
the implant and finally into the blood stream. Release from a reservoir system can be
modeled using Fick’s first law (Eq. 7.1) [19]:

J = −Dd:p
dc

dx
(7.1)

where J is the flux of the drug, Dd:p is the diffusion coefficient of drug through the
polymer and dc/dx is the concentration gradient of the drug through the membrane
[19]. This equation assumes that diffusion is one-dimensional, the diffusion coefficient
is constant and the concentration gradient of drug through the membrane is relatively
constant which is plausible only if there is a constant high concentration of drug at the
membrane’s inner edge [19]. To describe how diffusion changes the drug concentration
over time, Fick’s first law can be combined with a mass balance equation to derive
Fick’s second law (Eq. 7.2) [5].

∂c

∂t
= Dd:p

∂2cp

∂x2
(7.2)

where Dd:p is the diffusion coefficient of drug through the polymer, cp is the con-
centration of the drug in the matrix, t is time, and x represents the spatial coordinate
system of the drug within the matrix. This equation assumes that the drug diffuses into
an infinite sink condition, that the implant is a flat plane, and that there is no convec-
tion, generation, or consumption of drug within the reservoir. With these assumptions,
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Figure 7.2. Comparison of the release profile from a matrix and reservoir implant.

release from a reservoir system is relatively linear (zero-order) as modeled in Fig. 7.2
[8, 20, 21]. Fick’s second law can be modified to describe a spherical or cylindrical
implant by changing the coordinate system of the equation.

A matrix based device can be described as a system in which the drug is distributed
homogenously (in an ideal scenario) throughout the polymer [5]. This type of drug
delivery system is often utilized when the desired drug release rate cannot be controlled
sufficiently by use of a biocompatible polymer membrane [22]. The typical release
profile from a matrix based implantable device follows first-order kinetics if the matrix
is assumed to not swell or degrade [23, 24]. First there is an initial burst release of
drug, followed by a slower release until equilibrium is reached (Fig. 7.2). One of
the biggest advantages of matrix systems relative to reservoir systems is that there
is no hazard of a bolus release of the drug, unless the entire system is damaged.
However, one drawback of the release kinetics observed with matrix systems is that
the release rate decreases over time [16, 22]. While zero-order release is ideal in many
applications, for certain drugs such as leuprolide acetate (which is used to treat prostate
cancer), a zero-order release profile would not be adequate. For an effective treatment,
this therapy requires a high initial dose of drug followed by a lower maintenance
dose [25]. Thus, the first-order release observed in a matrix delivery system can be
beneficial.

Park et al. [23] derived an approximate equation to model release at the early
stages of a planar non-swelling matrix implant from Fick’s second law (Eq. 7.3):

Mt

M∞
∼= 4

(
Dd:pt

L2π

)2

(7.3)
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where Mt is the amount of drug inside the matrix over time, M∞ is the total amount
of drug in the matrix initially (and it is assumed that Mt/M∞ is less than 60%), Dd:p
is the diffusion coefficient of drug through the polymer, t is time, and L is the length
of the implant through which the drug must diffuse [23, 26]. This equation assumes
that there is no change in the dimensions or degradation of the implant during the
time of release [26]. Further modification of Fick’s second law from Equation 7.3 can
approximate release from a nonswelling matrix at the end of the release period (0.4
≤ Mt/M∞ ≤ 1) (Eq. 7.4) [27].

Mt

M∞
∼= 1 −

(
8

π2

)
exp

[(−π2Dd:pt
)

L2

]
(7.4)

There are advantages and disadvantages to both the reservoir and matrix implant
designs. Ultimately, the desired release profile will dictate which design can be used.

7.2.2 Factors Affecting Release from Nonbiodegradable
Polymer Implants

Unlike the preformed degradable or in situ forming implants discussed later in this
chapter, nondegradable implants have a fixed geometry and will not degrade or erode
once placed within the body. Therefore, the number of factors affecting the release
of the preloaded drug from these implants can be reduced to factors that alter the
concentration of drug outside of the implant (which are discussed in detail later in
this chapter) and factors that affect the diffusivity of the drug through the matrix such
as (i) the size of the pore in the polymer membrane or matrix, (ii) the degree of pore
connectivity and tortuosity within the matrix, (iii) the distribution of drug throughout
the implant, and (iv) and the affinity of the drug for the polymer [8, 28].

The release from a nondegradable reservoir polymer implant system is primar-
ily dependent on the size of the polymer’s pores with respect to the size of the
drug that will diffuse through them. Studies have shown that a macroporous poly-
mer (0.1–1 μm) has pores much larger than the loaded drug, and will therefore have
greater release over time. Microporous polymers (5–20 nm) release less drug because
the pore size is often only slightly larger than the drug molecule, which reduces
mass transport [24]. If the drug is larger than the pores, the drug will not diffuse
out through the interconnected porous network (which have high diffusivity coeffi-
cients), but instead the drug must diffuse through the polymer rich domains (which
has diffusivity coefficients that are orders of magnitude smaller) [18, 24, 29].

All reservoir and matrix implants can be considered to be a collection of inter-
connected pores and the degree of interconnectivity of these pores plays a large role
in the release of drug from the preloaded matrix implant. If there are several pathways
for the drug to diffuse through, a larger concentration of drug can be released over
time from the implant (Fig. 7.3). Additionally, the tortuosity of the pores can play
a role in altering drug release. Tortuosity is a measure of how twisted and curved
the porous network is [30]. Much like traveling cross country, it is always better to
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Figure 7.3. (a, b) Schematic showing the effect of increased pore interconnectivity on drug

release.

fly direct. The more tortuous the path, the longer it takes for the drug to reach its
destination outside of the implant [10, 30].

The fraction of drug that is dissolved at any time during the implant lifetime also
plays a role in release. In both reservoir and matrix systems there is a direct relation-
ship between drug solubility in the surrounding interstitial fluid of the implantation
environment and drug concentration in a dry implant. The higher the drug solubility
the faster the release as only dissolved drug is available for diffusion [8, 20, 31, 32].
Distribution of drug throughout the implant matrix can also be a factor in the release
profile with homogenous distribution at a low loading density contributing to lower
immediate burst release [8, 19, 24].

Another factor that can affect the release of drug from a nondegradable implant is
the affinity between the drug and the polymer. The degree of drug hydrophobicity with
respect to the polymer will determine whether hydrophobic interactions will counteract
or further facilitate the diffusional movement. A hydrophilic drug encapsulated within
a hydrophobic polymer will diffuse out rapidly while a hydrophobic drug within a
hydrophobic polymer will diffuse out more slowly because of its lack of affinity with
the physiological hydrophilic environment surrounding the implant [5]. Drugs may
also interact and bind with functional groups on the polymers which will decrease
the overall release from the implant. One of the assumptions of purely diffusional
release is that the drug is free to move randomly throughout the system and if the
drug interacts and binds with polymer functional groups, that free random movement
is limited resulting in overall slower release [1, 24]. Release from nondegradable
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implants can be modified by choosing a polymer with the appropriate properties in
order to tailor the release profile to fit the desired application.

7.2.3 Clinical Example and Summary

One of the first and most commercially successful controlled release devices was
Norplant, a female contraceptive implant developed in the 1970s [2, 33]. Norplant was
successful because it was more effective in preventing pregnancy for a longer duration
than any other contraceptive available at the time. The platform was composed of six
flexible, silicone cylinders that released a synthetic hormone called levonorgestrel
for effective contraception for up to 5 years [33, 34]. Norplant was a reservoir drug
delivery system with a very slow, constant release rate; the capsules release 50 μg of
levonorgestrel per day for the first 400 days after implantation, followed by a relatively
steady release of 30 μg/day for the next 3000 days (or ∼8.5 years) [33]. Norplant was
typically implanted in a fan-like configuration in the subderma of the patient’s upper
arm in a minimally invasive outpatient procedure. The first clinical trials for Norplant
began in 1980 and within a few years, it was approved by more than 50 countries [34,
35]. By 1992, Norplant was used by over 600,000 women in the United States alone
[34, 35]. Post implantation, trials encompassing thousands of women over a ten year
period were conducted in which the safety, efficacy, and release from Norplant were
scrutinized. Low percentages of women receiving Norplant complained of headaches
and weight gain because of the continued use of the hormone. Other more serious
complaints such as hair loss, hypertension, uterine fibroids, and breast cancer were
reported in less than 1% of the thousands of women surveyed [36, 37]. The most
frequent complication seen with Norplant was the difficulty with which the implants
were removed. Owing to the long implantation period, fibrous tissue occasionally
formed in the area of the implants, making removal difficult. The removal procedures
could also be painful and result in incomplete removal because of implant fracture
and/or scarring in the area. In extreme cases, sonography was used to determine the
exact location of the remaining rod [38]. The difficulty of implant removal seen with
the Norplant rods is a common drawback of nondegradable implants.

While synthetic, nondegradable implants are still in use today, a large majority of
the research and upcoming clinical applications revolve around the use of biodegrad-
able polymers. This transition is a result of increased control over the release profile, as
well as a reduction in possible complications and the number of required procedures,
as removal is no longer necessary [1, 8, 11].

7.3 BIODEGRADABLE POLYMERIC IMPLANTS

Biodegradable polymeric implants provide a useful means of controlled drug release
without the need for the surgical removal of the implants after their expiration. While
degradation results in more complicated implant design, these systems can provide
additional, more flexible avenues by which dissolution of drug can be modulated. In
this section, we describe the process of drug release from preformed polymer implants
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and in situ forming systems along with the factors that influence implant performance.
The mechanisms of polymer degradation and erosion and the factors that influence
or alter both processes are discussed. We are also review factors that affect implant-
host interactions with the most common biodegradable polymers found in Food and
Drug Administration (FDA) approved devices, and provide an overview of clinical
applications using these polymers.

7.3.1 Degradation and Erosion

While a specific polymer cannot be approved by the FDA, there are five polymers
commonly found in FDA approved devices that have demonstrated an appropriate
host tissue response for their designated applications (Fig. 7.4). The polyetherester
polydioxanone has been approved for use as suture clips and bone pins marketed
as OrthoSorb [17]. The slow degrading semicrystalline poly(caprolactone) has been
used for the controlled release of contraceptives and as a suture formerly marketed
as Capronor and monocryl [17, 39]. Poly(PCPP-SA anhydride) has been used in the
field of drug delivery in order to treat residual tumor cells after surgical resection and
are marketed as the Gliadel Wafer® [5, 17, 40]. Finally, poly(glycolic acid) (PGA),
poly(lactic acid) (PLA), and their copolymer (PLGA) have been used as degradable
sutures, bone pins, and drug delivery vehicles marketed as the Leupron depot, Atrigel,
Eligard, Atridox, Dexon, and Vicryl [17, 25, 41–45].

Biodegradable implants lose mass over time as a function of polymer degrada-
tion and erosion. Polymer degradation refers to the process by which the repeating
structural units of the polymer chain are cleaved resulting in a reduction in Mw
(Fig. 7.5). This can be facilitated by a number of factors [5, 46, 47]. For example,
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200 IMPLANTABLE DRUG DELIVERY SYSTEMS

Period of degradation followed by erosion

T
im

e

Figure 7.5. Schematic of the degradation and erosion process, where the ellipses and squares

represent the subunits of the polymer backbone, and the lines represent the degradable bonds.

The top row is the nondegraded polymer. The loss of the lines represents the degradation

process while the loss of subunits over time represents erosion after degradation has occurred.

enzymes can catalyze the polymer degradation process which is sometimes referred
to as biodegradation. Polymer degradation can also be initiated by external factors
such as the presence of UV light, mechanical perturbation, as well as γ -radiation,
which is used to sterilize the polymers for clinical applications [46]. For drug delivery
purposes, the most common method of degradation occurs through hydrolysis (occur-
ring in both polyesters and polyanhydrides), which is the cleavage of the polymer
backbone because of the interactions of the polymer with water [46–48].

After the polymer begins to degrade, the loss of the oligomers and monomers to
the surrounding environment facilitates a reduction of polymer mass, and is known as
erosion [5, 17, 46, 47, 49]. When erosion is enhanced by physiological processes, it is
referred to as bioerosion [5]. As erosion is simply the loss of mass over time, it does
not always require degradative processes in order to occur. In the case of a matrix
containing water-soluble components, erosion can occur simply through dissolution
of the matrix [5], such as a cookie crumbling in milk or a bar of soap reducing in
size with use. Erosion is a process that can occur solely on the surface of the implant
through a process known as surface erosion (which is the case in the soap example),
or throughout the bulk of the polymer, which is then referred to as bulk erosion, as in
the cookie example (Fig. 7.6). The primary factor that determines whether the polymer
will be surface eroding or bulk eroding is the reaction kinetics of degradation. If the
rate of polymer degradation is faster than the rate of water diffusion into the polymer,
then the polymer will be surface eroding. If the rate of water diffusion is faster than
the reaction kinetics, then the polymer will be bulk eroding [50].

It is the presence of hydrolysable bonds in the polymer backbone that allows
for tunable degradation and erosion profiles; therefore, the choice of chemical bond
is a critical factor in controlling the rate of degradation and the method by which
the polymer will erode. The three most common chemical bonds found in controlled
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release devices listed in order of reactivity are: anhydrides, esters, and amides
[46, 51]. While both esters and amides require either acidic or basic conditions
in order for hydrolysis to occur, the reactivity of anhydrides is high enough that
hydrolysis occurs under neutral conditions, only requiring the presence of moisture
in the air to initiate degradation [51, 52]. The reaction begins when the oxygen of
water acts as a nucleophile, and attacks one of the anhydride carbonyls, which leads
to the elimination of one carboxylic acid and the formation of a second (Fig. 7.7).

As esters are less reactive than anhydrides, an acidic or alkaline environment is
needed for their hydrolysis. When the hydrolysis is acid-catalyzed, the reaction is a
reversible process, requiring the presence of excess water or removal of degradation
by-product [51, 52]. The two stage reaction begins when a free hydrogen cation
associates with the carbonyl, which allows water to act as a nucleophile, forming
a tetrahedral intermediate that facilitates the alcohol to act as a leaving group (Fig.
7.8) [52]. When the reaction occurs in an alkaline environment, free hydroxyl anions
act as a nuclophile. The nucleophilic attack leads to the formation of a tetrahedral
intermediate causing the elimination of an alcohol. Like acid-catalyzed hydrolysis,
this reaction leads to the formation of a carboxylic acid and an alcohol, but it is not
an equilibrium reaction and will continue until the polymer has completely degraded.
The hydrolysis of amides is similar to esters and can occur in either alkaline or
acidic environments. However, because the bond is less reactive than an ester linkage,
stronger conditions are required in order for hydrolysis to occur [51, 52]. Both ester
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hydrolysis and amide hydrolysis leads to the formation of a carboxylic acid, but unlike
ester hydrolysis the eliminated group from amide hydrolysis is an amine (Fig. 7.8).

While the chemical bond used to form the polymer backbone is an important factor
in controlling the rate of polymer degradation, the groups adjacent to the reactive bond
can also be important factors. For example, the methyl group found on PLA, leads to
a slower degradation rate than what is observed in PGA because of the presence of
the hydrophobic moiety, which sterically hinders the nucleophilic attack of water [46,
53, 54]. As the erosion profile of a polymer is sensitive to both the rate of degradation
as well as the rate of water uptake, parameters that decrease the influx of water can be
used to alter the erosion profile of the implant. Therefore, the polymer hydrophobicity
is an important parameter in controlling whether the polymer will be a surface or bulk
eroding polymer.

Crystallinity is a measure of the polymer ability to form a structured array, which
occurs as a result of the chain regularity, and is typically reported as a percentage
of crystallinity [55]. Owing to the close packing inherent in crystalline domains, the
free volume for diffusion is lower in the crystalline regions, which can decrease dif-
fusion coefficients by several orders of magnitude and play a role in altering the
rate of polymer degradation [48, 56]. Owing to the random nature of polymers,
there will always be amorphous domains such that a polymer can never be purely
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crystalline [17]. Crystalline domains can be present initially, or can form as a result
of oligomer formation caused by polymer degradation, leading to latent crystallization
[46, 56, 57].

In addition to polymer crystallinity, the glass transition temperature (Tg) has been
shown to play a role in altering the free volume available for diffusion. The Tg is
the temperature at which the polymer transitions from a glassy state into a rubbery
state. When a polymer is above the glass transition temperature, the free volume is
higher, which results in an increased diffusivity [56]. Even the physical dimensions of
the polymer can be used to transition a system from bulk eroding to surface eroding
[50]. For systems that have low water absorption and rapid degradation kinetics, the
implants would have to be extremely small in order to behave as a bulk eroding
system. For example a poly(anhydride) disk would need to be smaller than 75 μm
thick in order to behave as a bulk eroding system [50]. Conversely, polymer disks that
rapidly absorb water with slow degradation kinetics would have to be significantly
thicker to behave as a surface eroding system. A poly(α-hydroxy-ester) would need
to be at least 7.4 cm thick to surface erode, while a poly(amide) which is even less
reactive would need to be at least 13.4 m thick [50].

7.3.2 Biocompatibility

With the insertion of any material into the body, understanding how the host
and implant will interact is imperative. Biocompatibility describes the ability of
an implanted material to maintain performance without initiating a negative host
response [17, 58, 59]. Biocompatibility is often evaluated based on the inflammatory
and healing responses of the body to a particular implant [58]. The tissue response
continuum, as explained by Anderson et al. [58] organizes the host response to
implantation into a sequence of events characterized by the cell types which are
present. Phase I, or the acute and chronic inflammatory phase occurs over the course
of the first two weeks, and is initiated by the implantation or direct injection of the
device. During phase I, neutrophils, monocytes, and lymphocytes will be present
with monocytes becoming the dominant cell type within days of implantation.
Phase II is characterized by an excess of monocytes and macrophages, leading
to the development of a fibrous capsule around the implant. The duration of the
second phase is determined by the rate of polymer degradation, and can take as
little as 50 days or more than 400 days [58, 60–63]. Phase III is dominated by
the degradation of polymer and an increase of fibrous tissue filling the void left
behind by the eroding polymer [58]. Histological evaluation of the tissue response
has proven useful in categorizing the effect of introducing an implant to the local
environment.

One major concern when using a degradable device is the toxicity of the degrada-
tion by-products. In the case of PLA, PGA, and their copolymer PLGA, the polymer
was designed to degrade into natural metabolites. The hydrolytic degradation of these
polyesters results in the formation of lactic and/or glycolic acid, based on the original
polymer used [59, 64, 65]. In healthy tissues with high clearance, these intermediates
are metabolized by the body into carbon dioxide and water and show no adverse
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effects on introduction of the material to the body [66]. However, in situations where
the clearance is low, which may occur as a result of a diseased state or be a function
of injection site with low metabolism and overall clearance, the effect of elevated
levels of acidic by-products must be considered. Therefore, the clearance rate of these
compounds is an important parameter in implant design.

Other factors to consider when evaluating biocompatibility of a device are addi-
tives such as fillers, plasticizers, stabilizers, and excipients. Additives are typically
used to modify an implant’s properties and to reduce manufacturing costs [67]. For
example, fillers and plasticizers are typically used to alter the mechanical properties
of the implants and even used to change the outer membrane behavior of some pills
[67–75]. The plasticizer di(2-ethylhexyl)phthalate (DEHP) has been used to soften the
poly(vinyl chloride) polymer used to make blood storage bags since 1955 [73, 74].
Plasticizers typically increase the flexibility of the plastic by disrupting the crystallinity
of the polymer, and increasing the free volume of the material, which lowers the glass
transition temperature of the material [76]. Fillers such as carbon black and silica have
been used to reinforce the mechanical properties of polymeric devices. The interaction
of fillers with the polymer matrix is complex, and reinforcement is not a result of a
single interaction [67]. One way in which the fillers can reinforce polymers is by
forming a network (when the filler concentration is above the percolation threshold)
within a material that provides additional mechanical support [70, 71, 77], and second
by interacting with the polymer which alters the chain mobility of the polymer [70,
72, 77]. Other common additives such as stabilizers are used to protect the degradable
units within a polymer backbone. Common examples of stabilizers include antioxi-
dants such as vitamin E which has been used to reduce oxidative stress that degrades
the amorphous domains in poly(etherurethanes), which are commonly used in medical
devices [78]. Excipients are additives which are used to improve drug solubility and
biodistribution, but are completely inert in the host, such as cyclodextran [79, 80].
These ring shaped molecules have two distinct domains, a hydrophobic interior and
a hydrophilic exterior [79]. When put in contact with poorly soluble drugs (such as
doxorubicin), the drug interacts with the interior domain, and the hydrophilic exterior
interacts with the aqueous environment leading to improved drug solubility [79].

Some additives not only alter implant behavior, but also have desirable therapeutic
properties. For example, the use of a triblock copolymer Pluronic® has been shown
to reduce the diffusivity of drug from polymer implants, but these additives have
also been shown to inhibit a cell’s ability to recover from heat, sensitizing the cell
to elevated temperatures [81–85]. Therefore, the effect of additives used must be
carefully evaluated to insure that the additive does not induce a negative effect.

7.3.3 Implantable Systems

Drug eluting depots provide a unique way in which plasma concentrations of the
delivered therapeutic can be maintained within a narrow window as well as pro-
viding a means for achieving elevated local concentrations of drug while limiting
systemic involvement [82, 86]. In addition to improving patient compliance, control-
ling drug release via implantable systems can reduce systemic side effects and patient
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discomfort [9, 25, 82, 87, 88]. Pre-formed polymer implants have a defined geometric
structure, which leads to predictable and reproducible release and degradation profiles
for extended periods of time. The therapeutic agent can be trapped homogenously
within the encapsulating matrix or formed as a composite for more complex release
profiles [82]. While both degradable and nondegradable implants are dependent on
the properties of the encapsulating polymer matrix, as the implants degrade over time
there is no need for surgical removal [5, 9, 82, 87, 88].

Fabrication of preformed polymer implants can be achieved using a number of
techniques including: compression molding, melt casting, solvent casting, and extru-
sion [9, 81, 86]. Implants fabricated using compression molding are made by first
mixing the polymer and drug in a piston shaped mold, then applying elevated pres-
sure at 5–10 ◦C above Tg to create disk or rod shaped implants [86, 89, 90]. The low
fabrication temperature is beneficial for maintaining activity of reactive drugs, since
the drug may not be homogenously distributed, there can be a large variability in drug
release [86]. Implants formed using melt molding require that the polymer is elevated
above Tm, resulting in a viscous solution in which the drug can be homogenously
mixed and subsequently solidified in a mold of the desired geometry [86]. The fabri-
cated implant has a reproducible release profile, but the elevated temperature can result
in a loss of therapeutic activity if the drug is sensitive to temperature, especially when
proteins are used as therapeutics [86]. Solvent casting is performed by dissolving the
polymer in a volatile solvent, with drug if the drug is soluble. If the drug is nonsoluble
then the powdered drug is homogenously distributed into the polymer solution. The
solution can then be added to a mold of the desired geometry and maintained at a
lowered temperature so that the solvent will evaporate off slowly [86]. Solvent cast-
ing provides a technique with which to fabricate implants loaded with heat sensitive
drugs, but this technique has a number of disadvantages. The phase inversion dynam-
ics intrinsic to solvent evaporation can lead to a porous microstructure, resulting in
implants with poor mechanical properties, as well as have the potential to deactivate
the therapeutic agent [86]. Additionally, because of the amount of time required for
the solvent to evaporate, the suspended drug may not stay homogenously distributed
in the matrix [86].

Dual release can be achieved through processes known as dip coating, where the
preformed implants are dipped into a polymer solution containing a water soluble
component such as NaCl or poly(ethylene oxide) and drug in order to form a thin
outer membrane [82, 88, 89]. Once implanted into the tissue, the aqueous environment
leads to the dissolution of the soluble component and an initial burst release from the
porous outer membrane [82, 89]. Ultimately it is the properties of the drug and the
desired application that will dictate the fabrication technique used to make the implant.

Drug release is not only affected by the geometry of the implant; the rate of
dissolution can be affected by factors such as the ratio of polymer relative to other
components in the implant, how the drug is loaded into the implant, the crystallinity
of the polymer, the crystallinity of the drug, as well as implant microstructure [16,
46, 49, 56, 57, 86, 91–94].

Percolation theory provides an ideal means by which the effect of drug loading
can be evaluated on implant behavior. In percolation theory the matrix is envisioned
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as a lattice of interconnected points, and the introduction of drug removes a point
from the lattice. Initially, the reduction of points in the lattice does not overly disrupt
the lattice stability, but as the number of points in the lattice continue to disap-
pear so does the stability of the system. The critical point at which the polymer no
longer forms a connected network, is referred to as the percolation threshold [47,
95, 96]. In addition to the percolation threshold, polymer crystallinity can play a
role as to where the drug partitions within the system [57, 92]. Typically drug dif-
fuses through the implant pores; therefore, high interconnectivity leads to elevated
release.

Similar to nondegradable systems, factors such as the size of the drug diffusing
through the polymer network, the affinity of the drug with the polymer, and the
tortuosity of the porous network all influence release from the implant [5]. The key
difference is that diffusivity of degrading implant systems change as a function of
polymer degradation. Simple models of release for bulk eroding systems assume that
polymer degradation follows first-order kinetics, leading to an exponential increase in
diffusion with respect to time [56].

d[COOH]

dt
= k[COOH][H2O][Ester] (7.5)

Deff = D0ekt (7.6)

∂c

∂t
= Deff

∂2cd

∂x2
(7.7)

In Eqs. 7.5 and 7.6, [COOH] refers to the concentration of carboxylic acid, [H2O]
refers to the concentration of water, [Ester] refers to the total concentration of degrad-
able esters, k is the first-order degradation kinetic constant of the polymer, Deff is
the effective diffusivity as a function of the degradation kinetics, D0 is the initial
diffusivity at time zero before degradation begins, and t is time [56]. The first-order
degradation kinetics can be determined from the changes in polymer Mw over time
and makes the simplifying assumption that there is a near constant concentration of
both the hydrolysable esters and water [48, 97, 98]. The effective diffusivity coeffi-
cient can then be used with the general models of diffusion. The result of degradation
is an increase in release over time as the polymer diffusivity changes (Fig. 7.9). For
surface eroding systems, release of drug is typically proportional to the rate of polymer
erosion [86]. For in vivo systems, evaluating drug release is more complex because
of the presence of cells and microvascularization in the tissue space [9, 89, 99, 100].
Evaluation of release from these systems requires multidimensional analysis of the
implant and surrounding tissue, with careful consideration of the boundary conditions
between the implant and tissue interface. For this system, the rate of drug distribution
within the surrounding tissue involves investigating the diffusion of drug within the
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Figure 7.9. Cumulative release over time from a degrading and nondegrading polymer

implant.

tissue space from the implant, the elimination of the drug by the vasculature, and the
metabolism of the drug by the cells [9, 89, 99, 100].

∂C

∂t
= D∇2C − v∇C − kC (7.8)

where k is the rate of drug metabolism, the v accounts for the velocity of the surround-
ing vasculature, and D is the diffusivity of drug from the implant to the surrounding
tissue [9]. A result of diffusion-based local release is that the metabolic activity of
the cells and the removal of drug as a function of the microvasculature limits the
distribution distance of the drug within the tissue.

7.3.4 Clinical Example of Preformed Polymer Implants

Preformed implants have been successfully implemented as a means for adjuvant
therapy, most notably in the form of a surface eroding polyanhydride polymer disk that
is inserted directly into the resected tissue space and used to treat malignant gliomas
[40, 82, 88, 101–103]. These wafers, commercially known as the Gliadel® wafers
(MGI Pharma, Inc., Bloomington, USA) received FDA approval in September of 2006
and are currently the only commercially available solid intratumoral chemotherapeutic
device [82, 88, 103]. As these devices were approved by the FDA, they have been
used in over 20,000 patients in the United States alone [103].

The wafers are composed of a 20:80 molar ratio of poly(bis[p-carboxyphenoxy])
propane:sebacic acid (PCPP:SA), and loaded with the lipophilic anticancer drug
carmustine (1,3-bis(2-chloroethyl)-1-nitrosourea, or BCNU) [103]. The disks slowly
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erode over the course of 2–3 weeks, with degradation by-products eliminated in
the urine or as CO2 from the lungs [104]. These implants are fabricated to have a
7.25 mm radius and are 1 mm thick loaded with 3.85 wt% drug, and have an average
weight of 200 mg [103]. As many as eight wafers can be implanted into the resected
tissue space and are used to treat cancer cells that may not have been removed during
the surgical procedure. This reduces the risk of recurrence by eliminating residual
cancer cells along the tumor periphery. These implant systems have shown modest
success in the treatment of malignant gliomas by increasing the chance of survival
up to 50%, and increasing the median survival times by 2 months [105].

7.3.5 Injectable Systems

Injectable in situ forming implants (ISFIs) are liquid formulations comprised of
biodegradable polymers mixed with bioactive therapeutic agents which can be
injected into a target tissue. Once in place, the solution forms a solid or semisolid
depot from which drugs can be released in a controlled manner. This liquid to
solid phase transition takes place in response to a stimulus such as temperature,
pH, enzymatic activity, or solvent miscibility. In recent years, ISFIs have garnered
increased attention because of their versatility, ease of manufacturing, potential
for improved patient compliance, and minimally invasive placement using needles
as small as 21-gauge for the implant injection. This is in contrast to preformed
implant systems which often require local anesthesia and minimally invasive surgical
placement [106]. ISFIs can be divided into five categories based on the mechanism
of transition from liquid to solid: (i) thermoplastic pastes, (ii) thermally induced
gelling systems, (iii) in situ cross-linked systems, (iv) in situ solidifying organogels,
and (iv) in situ precipitating or phase inverting implants [107]. Table 7.1 summarizes
each of these categories.

Thermoplastic pastes (or thermopastes) are polymers that can be injected in the
molten form and solidify as they cool down to body temperature. These polymers typi-
cally have a low melting temperature, ranging from 25 to 65 ◦C, and have an intrinsic
viscosity ranging from 0.05 to 0.8 dl/g (determined and measured at 25 ◦C) [108].
Common thermopastes include PLA, PGA, PCL, and poly(trimethylene carbonate)
[108, 109].

Conversely, thermally induced gelling systems are liquid at room temperature,
and form a gel at temperatures above the lower critical solution temperature (LCST).
Lower critical phase separation is governed by the balance between hydrophobic and
hydrophilic moieties on the polymer chain and is driven by the negative entropy
of mixing. The Gibbs free energy change for the mixing of two phases is nega-
tive below the LCST and positive above. When temperature increases to the LCST,
the hydrogen bonding between polymer and water becomes energetically unfavorable
compared to polymer–polymer and water–water interactions. Then an abrupt transi-
tion occurs as the hydrated hydrophilic molecule quickly dehydrates and changes to
a more hydrophobic structure [110]. A number of polymer modifications can be used
to alter the temperature at which this transition occurs [106, 111, 112]. Examples of
this system include poly(N-isopropyl acrylamide) (poly(NIPAAM)), PEO–PPO–PEO
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TABLE 7.1. Summary of In Situ Forming Implant (ISFI) Categories

ISFI Category Formation and System
Requirements

Representative
Polymers

Thermoplastic
pastes

Polymers injected in the molten
state and form an implant
when cooling down to body
temperature

Low melting temperature of
25–65 ◦C and an intrinsic
viscosity from 0.05 to
0.8 dl/g, at 25 ◦C are required
[108]

poly(d,l-lactide)
poly(glycolide)
poly( caprolactone)
poly(trimethylene carbonate)
[108, 109]

Thermally-induced
gels

Temperature is used to control
critical phase separation in
thermosensitive polymers.

Systems are liquid at room
temperature, and form a gel
at and above the lower
critical solution temperature
(LCST) [106, 111, 112]

poly(N-isopropyl acrylamide)
poly(ethylene oxide)

PEO–PPO–PEO triblock
copolymers poly(ethylene
oxide)-poly(l-lactic acid)

PEG–PLGA–PEG
[113, 114, 165, 115, 116]

Cross-linked
systems

Polymer chains cross-linked to
form solid polymers or gels

Cross-linking source can be:
heat initiation, photon
absorption, and ionic
mediated reactions [166]

poly(d,l-lactide-co-
caprolactone) PEG-
oligoglycolylacrylates
alginate 1,2-bis(palmitoyl)
glycero-3-phosphocoline

1,2-bis(myristoyl)-glycero-3-
phophocoline
[118–121]

In situ solidifying
organogels

Amphiphilic organogels are
waxy at room temperature
and form a cubic liquid
crystal phase on injection into
aqueous medium

Glycerol esters of fatty
acid-based systems are most
common [122]

Amphiphilic lipids
oils such as peanut oil
waxes
[124–126]

In situ precipitating
systems

Implant forms through a process
called phase inversion where
solvent diffuses into the
aqueous environment while
water diffuses into polymer
system [129, 130]

Typically comprising water
insoluble polymer dissolved
in a water miscible,
biocompatible solvent

poly(dl-lactide)
poly(dl-lactide-co-glycolide)
poly(dl-lactide-co-

caprolactone)
Poly(ethylene carbonate)
Fluoroalkyl-poly(ethylene

glycol)
[106, 107, 118, 131]
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copolymers (Pluronics®), and PEG–PLA as well as PEG–PLGA–PEG copolymers
[113–117].

In situ cross-linked polymer systems form cross-links at the injection site because
of heat, photon absorption, or ionic mediated interactions. On initiation of the cross-
linking reaction, the solutions can then transition into a solid polymer depot or gel in
situ. Polymers such as PCL, PEG-oligoglycolylacrylates, alginate, 1,2-bis(palmitoyl)-
glycero-3-phosphocoline (DPPC), 1,2-bis(myristoyl)-glycero-3-phophocoline (DMPC)
have been used with in situ forming cross-link systems [118–121]. For example, a pho-
ton initiated biodegradable hydrogel drug delivery system introduced by Hubbell et al.
[119] consists of a polymer with at least two free radical-polymerizable regions (PEG-
oligoglycolylacrylates), a photosensitive initiator (eosin dye) and a photon source
(visible light). The polymer begins to cross-link and form a network after it is exposed
to the photoinitiator and light source. The formed networks can be used to deliver
drugs at a controlled rate.

In situ solidifying organogels are amphiphilic organogel waxes at room tempera-
ture and transition into a cubic liquid crystal phase on injection into aqueous medium
[122]. Cubic liquid crystal phases are unique structures formed by amphiphilic
molecules which organize into a tortuous array of hydrophilic and hydrophobic
domains [123]. This unique structure provides regions for both hydrophilic and
hydrophobic drugs to accumulate, and because of the tortuous paths, provide a means
of controlling release from these structures [122]. Amphiphilic lipids, oils such as
peanut oil, waxes, and glycerol esters of fatty acids are among the most commonly
used organogels for drug delivery applications [124–126].

Another class of ISFI uses phase sensitivity to elicit a transition into a solid drug
eluting depot, and will be the focus of the remainder of the chapter. Phase sensitive
ISFI are comprised of a water insoluble biodegradable polymer dissolved in an organic
biocompatible solvent [127, 128]. Drugs can be suspended into this polymer solution
with mechanical agitation or dissolved directly into the polymer solution [118, 127].
Counter transport of solvent and water begins the instant the polymer solution is
in contact with an aqueous environment. The solvent/nonsolvent exchange results
in the precipitation of the polymer, forming an implant once the water concentration
becomes sufficiently high to stabilize the tertiary system [129, 130]. The transition into
a solid depot is known as phase inversion. These implants have received significant
attention as the phase transition only requires contact with an aqueous environment
while other ISF categories typically require an external initiator such as heat or light.
The phase inversion process is illustrated in Fig. 7.10. Common polymers used in this
system are PLGA, PCL, PLA, poly(ethylene carbonate), sucrose acetate isobutyrate,
and fluoroalkyl-ended poly(ethylene glycol) [106, 107, 118, 131].

Earlier in this chapter we examined how polymer degradation and erosion affect
drug release. ISFI behavior and resulting drug release are also dependent on these pro-
cesses, however phase inversion can also significantly alter the release profile. Phase
inverting systems are typically classified into two categories, fast phase inverting (FPI)
implants and slow phase inverting (SPI) implants [91–93, 128, 132]. FPIs require a
highly water miscible solvent such as N-methyl-2-pyrrolidone (NMP) or dimethyl sul-
foxide (DMSO) [91, 132]. The high solvent miscibility results in a rapid rate of phase
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Figure 7.10. Schematic representation of the phase inversion process.

inversion, leading to the formation of a thin, dense shell which acts as a diffusional
barrier. Inside the interfacial polymer shell, droplets called polymer-lean domains
form, which consist of both solvent and nonsolvent. Owing to the reduced nonsol-
vent/solvent exchange, polymer-lean domains begin to expand [133]. As a result, the
implants develop a vast network of interconnected pores and macrovoids (Fig. 7.11)
[134–137]. As a consequence of the resultant morphology, drug release is elevated.
Initially, there is a burst release of drug, followed by a diffusion facilitated phase
which will begin to plateau as the drug trapped within the interconnected porous net-
work is depleted (Fig. 7.11). Finally, the release rate increases as the polymer degrades
and the diffusivity of the drug increases [137, 138].

SPIs require a solvent that has low miscibility in water, such as ethyl benzoate.
The low miscibility of the solvent reduces the counter transport responsible for phase
inversion, leading to a slow rate of polymer precipitation [91, 93, 128, 136]. The slow
rate of solvent exchange leads to the formation of a dense matrix with low diffusivity
and negligible pore formation [134, 139]. The absence of the porous network observed
with FPI systems, forces drug to diffuse through the viscous polymer. Therefore, a
nearly zero-order release can be achieved with this system. These solutions often have
a high viscosity (especially when compared with FPIs), which can make injection
extremely difficult. Combined solvent systems have also been developed to achieve
intermediate release profiles [93, 140–143]. The combination of NMP and triacetin
has been shown to reduce the rate of drug release [144], changing the morphology
into a less porous structure [93]. Also the addition of water miscible solvents has been
shown to decrease the solution viscosity and improve the injectability of SPI systems
[142, 145, 146].
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Figure 7.11. (a) Doxorubicin/fluorescein (drug/drug model) release profile showing FPI effects.

(b) Morphology of an FPI system as imaged by scanning electron microscope (SEM). Adapted

from Reference [137] with kind permission from Springer Science and Business Media.

Additives have also been used to modify the release rate from FPI systems. The
surfactant Pluronic® has been used to reduce burst release by decreasing the diffusivity
of drug within the porous network [147, 148]. The hydrophobic PPO block of Pluronic
is hypothesized to incorporate with the polymer phase, while the hydrophilic PEO
block extends into the polymer-lean region. When the concentration of Pluronic is
significantly high, the additive fills the interconnected pores and acts as a barrier for
diffusion and reduces the burst release [147]. If the Pluronic concentration exceeds the
percolation threshold, there will no longer be a sufficient mass of polymer available
resulting in an elevated release of drug [148]. Other additives that have been reported
to effectively reduce the rate of drug release are heptanoate and glycerol [149]. While
the majority of the additives are utilized to reduce burst release, some additives such
as polyvinylpyrrolidone (PVP) and aliphatic esters have the opposite effect, which
have been shown to increase the drug release [93, 150].

Like the cosolvent system, a combined polymer system can also be used to
control drug release profiles and fit the specific delivery requirements [151–155].
Many studies have been done to tune the drug release profile by changing the poly-
mer properties such as the Mw of the polymer and the polymer concentration in
the solvent [148, 156–158]. For instance, Lambert and Peck studied changing sol-
vent, polymer Mw, polymer concentration in the system to manipulate the release of
FITC-bovine serum albumin from PLGA implants. They found that for high PLGA
Mw (75–115 kDa) higher polymer concentration will lead to smaller burst release.
For low Mw (10–15 kDa), the initial burst of drug release was eliminated by a
much higher concentration of polymer in solution [159]. The results are shown in
Fig. 7.12.
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Figure 7.12. (a) FTIC-BSA release from high MW 50:50 system, polymer concentration is
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is between 30–40%. Reprinted from the Journal of Controlled Release, Reference [159],

Copyright (1995), with permission from Elsevier.

7.3.6 Clinical Applications of ISF Implants

A number of ISF implant systems have been used in clinical applications. Products
such as Eligard® (Sanofi-Aventis Inc., France), Atridox® (Zila Inc, Fort Collins, CO),
and Zoladex® (AstraZeneca, UK) all use ISF technology [106]. Eligard is a formula-
tion of leuprolide acetate (a luteinizing hormone-releasing hormone (LHRH) agonist)
in the polymer solution Atrigel® (Atrix Laboratories, Fort Collins, CO), which consists
of PLGA (PLA:PGA=75:25) dissolved in NMP [94, 127, 160]. Leuprolide acetate
can be released for a period of up to 6 months from this system [161], and suppresses
plasma testosterone levels which inhibits prostatic tumor growth.

Atridox is another ISFI system that uses Atrigel® to deliver the antibiotic doxy-
cycline for the treatment of periodontal disease for a period of 21 days [106, 162].
As administration is minimally invasive, Atridox requires no anesthesia and can be
administered in the dentist’s office. The SABER® (Durect Corp., Cupertino, CA)
delivery system utilizes a high viscosity polymer, sucrose acetate isobutyrate (SAIB),
and a hydrophobic solvent such as benzyl benzoate to provide a depot with low viscos-
ity and slow solvent diffusion for release times ranging from several hours to several
weeks. Zoladex® is also a marketed product using this system to treat prostate cancer
[106, 162].

7.3.7 Phase Inverting Implants and their Characterization

Most implantable systems are preformed using relatively standardized and repro-
ducible manufacturing processes ensuring consistent shape and size [14]. The
reproducible geometry provides them with a more consistent release behavior when
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compared to injectable systems. However, preformed implants require surgical
placement and subsequent surgical removal if the implants are nondegradable, such
as silicon elastomers [14]. For injectable phase inverting systems, the preparation
is much simpler and the implants are administered with a simple injection. The
release of drugs from both preformed systems and ISF systems is dependent on the
surrounding physiological environment. Local micro-vasculature, cell metabolism of
drugs, and potential interactions between drugs and the extracellular matrix will all
reduce the distribution volume of drug in the tissue [9, 89, 99, 100]. Furthermore,
owing to the in situ forming nature of injectable systems, the implant shape and size
are not consistent and highly dependent on mechanical and chemical properties of
the local environment. Thus their drug release profiles are more difficult to control
[16, 17]. One study by Patel et al. [37] demonstrated that the poor in vitro and in
vivo correlation of ISFIs was, in part, a result of the various physical properties of
the surrounding environment.

In order to better understand the behavior of this system in vivo, recent research
has focused on the development of noninvasive characterization techniques able to
quantify longitudinal implant behavior. Ultrasound imaging is a technique recently
applied for this purpose by Solorio et al. [157] (Fig. 7.13). In this technique, a trans-
ducer linearly emits short bursts of ultrasonic waves into a sample and echoes that
reflect from materials of different properties are recorded. The backscattered signal
can be characterized as a function of acoustic impedance which is determined by
the material density and speed of sound in the material. Therefore, as the polymer
system goes through the phase inversion process, the acoustic impedance changes,
resulting in the development of an echo signal which can be detected by ultrasound
[157]. This technique provides unique properties such as real time visualization of
the phase inversion process and can be used to trace shape and composition changes

Actual and US images of 
implants formed in PBS

(a) (b)
Implant 
injection US imaging US image of subcutaneous implant

Skin

Implant

Needle

Figure 7.13. ISF implant formation imaged with ultrasound. (a) Images of two different

implants formed in PBS along with photos of their cross-section. Dark areas on ultrasound

image indicate more water-like core while lighter areas indicate precipitated polymer. (b)

Ultrasound image of implant injection subcutaneously; arrows highlight the needle, skin and

implant. Adapted from the Journal of Controlled Release, Reference [157], Copyright (2010),

with permission from Elsevier.
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of the implants over time. The technique is noninvasive, allowing an entire set of
in vivo time course data to be collected using the same implant, thereby reducing
environmental variability and the number of animals used [156].

Two other imaging techniques have been used to characterize injectable implant
behavior: dark ground optics and electron paramagnetic resonance (EPR) [138]. Dark
ground optics fuses both a dark ground fringe image and a reflected light image.
The dark ground image shows the polymer distribution of the reactive index near the
diffusion front while the reflected light image shows the solidification of the polymer.
The fused image can be used to obtain information such as diffusion coefficients,
liquid–liquid phase separation, and gel formation [163]. This method is simple and
fast; however, it cannot be used to analyze implants in vivo [138].

EPR is based on interactions between electrons and a magnetic field. Electrons
are aligned with the magnetic field that has been applied in a resonator, and, at the
resonance frequency, unpaired electrons of the sample will be excited [138]. EPR can
be used as an in vivo characterization technique, but the type and accuracy of the
data collected are limited. For instance, the size and shape of the injected implant
cannot be determined by EPR alone because EPR is more sensitive to mobility and
kinetics of solvent/nonsolvent exchange. The direct biological environment influence
of implant formation is also not available from EPR [164]. Furthermore, small Mw
paramagnetic spin probes are required during the measurement, introducing another
variable that can affect implant performance [157].

7.4 CONCLUSIONS AND FUTURE PERSPECTIVES

Implantable delivery systems are capable of overcoming many issues associated with
enteral and IV administration of therapeutic agents. When used as a subcutaneous or
intramuscular “storage depot” for extended systemic delivery, they can considerably
improve the dosage schedule and can maintain an agent within its therapeutic window
without inconveniencing the patient. They can also be used to focus the delivery of an
agent at the desired site of action whether it is a solid unresectable tumor, an artery,
or the eye. While not without issues, in many cases the strategies have been able to
revolutionize the standard of care.

The evolution of implantable systems has been relatively rapid and has occurred
with the changing needs of the clinical applications. Like the shift from nondegradable
to more patient friendly biodegradable polymers used in their formulation, implants
continue to adapt to the unyielding slew of new information, new technology, and new
tools available for their design, engineering, and analysis. Continuing discovery and
deeper understanding of the implants themselves and the impact of the implantation
site on implant behavior in vivo has narrowed the criteria needed for engineering
reproducible, successful systems.

Outstanding challenges still remain. With all implants, improved control, and on-
demand modulation of drug release are of interest to many. Understanding the factors
most influential in the poor in vitro–in vivo correlations of many implantable systems,
and improving implant formulations to overcome these factors are also necessary.
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Along the same lines, the development of more sophisticated in vitro phantoms that
can better mimic the eventual clinical application is also of crucial importance. Such
phantoms would permit simple, inexpensive, yet accurate, testing of new implantable
formulations, streamlining research, discovery, and translation. Finally, for implants
delivering drugs locally, an array of tools that can characterize their performance
(implant formation, drug release, polymer degradation) in vivo is of great importance
for the advancement of the field. Research into all of these aspects is ongoing and
producing exciting developments every day. Advancements in implant technology will
continue to escalate and increase future academic, industrial, and clinical interest.

7.5 KEY POINTS

• Administration from an implantable drug depot facilitates improved patient
compliance over time, especially when dosing is frequent and inconvenient.

• Implantable technology can be used to achieve special and temporal control of
drug delivery.

• Biodegradable implants are more patient friendly than nonbiodegradable
implants.

• Patient compliance can be further improved by using injectable systems that
form biodegradable networks in vivo.

7.6 HOMEWORK PROBLEMS

1. Re-create the release of Norplant in graphical format as well try to model the
release by using a modification of Fick’s first law.

2. What is the difference between erosion and degradation, how can these param-
eters be used to predict changes in drug release over time?

3. What effect does reaction kinetics have on determining whether a material will
behave as a surface eroding or bulk eroding material? What parameters dictate
how a material will erode? Predict what effect changes in the surrounding
solution pH (i.e., a pH of 13 vs. a pH of 7) may have on degradation kinetics
for a poly(α-hydroxy-ester), will it always behave as a bulk eroding polymer
regardless of the solution pH?

4. Using the given assumptions for the first-order degradation kinetics, solve the
underlying problem and describe how this can be used to determine the rate
kinetics. Apply this equation to the general solution and demonstrate the effect
that degradation kinetics have on cumulative drug release.

5. What are the benefits of local delivery, and what effect does the metabolic
activity of the surrounding tissue have on the spatial distribution of drug
released from these implants?

6. What causes the burst release of drug from the ISFIs and what can be done to
eliminate this burst release?
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