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Chapter 1

General introduction



Bronchotracheal cancer and treatment

According to the data of the World Cancer Report, lung cancer is the most com-

mon cancer in men and the 3rd most common in women, and is one of the most

aggressive human cancer [1]. There were more than 1.8 million new cases (13% of

total cancer incidence) and almost 1.6 million deaths (20% of total cancer mortality)

as established in 2012 [2, 3]. About 20-30% of lung cancer patients suffer from

complications owing to airway obstruction [4], resulting from a tumor blocking

the larger bronchial or tracheal tube, and related symptoms such as dyspnea and

couching of blood (haemoptysis) [5]. Palliative reopening of the affected airways

often alleviates symptoms, which can be achieved via several surgical or therapeutic

strategies like laser ablation, intraluminal radiotherapy, and the less frequently used

modalities of electrocautery, cryosurgery and photodynamic therapy [6]. External

beam radiotherapy and chemotherapy are commonly applied methods of palliative

treatment of bronchotracheal cancer but these they do not achieve recanalization of

the bronchotracheal obstruction [7]. Palliative bronchotracheal stenting has been

widely used for the management of inoperable neoplastic obstructions of the tra-

cheobronchial tree [8, 9]. Although other techniques aforementioned may be applied

for the management of endoluminal lesions, stenting is the only available method

resulting in immediate symptomatic relief for treating bronchotracheal obstruction

[10]. Stenting may also be utilized in order to alleviate an acute respiratory insuf-

ficiency and therefore serve as a bridge to further adjunctive chemotherapy and/or

radiotherapy [11].

Bronchotracheal stents

A stent is a cylindrical prosthesis that maintains luminal patency and dimensions of

a tubular structure by opposing extrinsic compressive forces and providing internal

support [12]. Tracheobronchial stent placement has become a routine palliative
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modality for malignant airway obstruction [13]. The first airway stent was used

in the 1960s by Montgomery for tracheal stenosis [14]. It comprised a T-shaped

silicone tube that protruded through a tracheostomy site distal to the stenosis. It

was not until 1990 that Dumon produced the first dedicated endobronchial silicone

stent [15], and these remained the golden standard of bronchotracheal stent options

until self-expandable stents were introduced in the 1980s [16]. Basically, current

bronchotracheal stents fall into two categories: silicon and metal stents.

Silicon stents

As shown in Figure 1.1, typical silicon Dumon stents were specifically designed

for the airway (Figure 1.1) [17]. The primary advantage of silicon stents is that

they are easily adjustable and removable [18]. However, they also have obvious

disadvantages: the need for rigid bronchoscopy for placement, along with some

potential difficulties during deployment. A legitimate criticism is the smaller inner

diameter due to the thicker wall of the silicon stent and the potential for dislodgement

and distortion [19].

Expandable metal stents

Metallic stents are composed of inert alloys and can be introduced into the bron-

chotracheal tree as non-expanded state over a guidewire with a flexible bronchoscope

under fluoroscopic guidance [12]. Compared to silicon stents, expandable metal s-

tents can be easily delivered. They are extremely stable and migration is virtually

impossible. Expandable stents may be covered (silicon rubber or polyurethane

(PU)) or uncovered (as shown in Figure 1.2), but this latter class is not applicable

for malignant strictures since the tumor may grow through the interstices of the

metal mesh. Covered metal stents have some disadvantages: they are permanent

since removal is extremely difficult, if not impossible; adjustment is difficult; fluo-

3



Figure 1.1: Dumon silicone stents with different sizes and lengths (Tracheobronxane; Novatech, La

Ciotat, France) [17].

roscopy is required during placement; and granulations tend to grow at the level of

the uncovered edge.

The ideal bronchotracheal stent should possess several vital characteristics. It should

be capable of establishing and maintaining airway patency, easy and safe to place

and remove (if necessary), biocompatible, and it should be flexible enough to fit

appropriately in irregular anatomy. It should not cause mucosal injury or granulation

tissue formation, hamper the ability to clear secretions, migrate from its desired

position, or obstruct otherwise patent lumen [21]. As of yet, no stent has been

developed that has all of the desirable qualities without any of the undesirable ones.

Aim and outline of the thesis

The aim of this thesis is to develop stent coatings that can bring us several steps for-

ward in palliative treatment of bronchotracheal cancer. First, we aim at developing

drug-eluting stents coatings which can suppress tumor growth and thus prolong the
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Figure 1.2: Uncovered and covered Ultraflex stent (UltraflexT M , Boston Scientific) [20].

functional duration of the implanted stent, which have been conducted within the

context of the Pulmostent project funded by the European Union FP7 framework

program. The decisive components of the Pulmostent bronchotracheal stent are a

drug-eluting coating that has been produced in such a manner that an additional

layer of respiratory epithelial cells can regrow onto the inner lumen of the stent’s

cover. Such a layer of bronchial epithelial cells will propel the mucus out of the

respiratory system and therefore prevent mucus plugging downstream of the stents

implantation site. The coating of such biohybrid stents contains several elements,

anti-cancer drug, polymeric membrane and a layer of respiratory epithelial cells (as

shown in Figure 1.3).

Within the context of the present PhD thesis, I have been working on different

aspects of the drug-eluting stent coating, such as strategies for loading of anticancer
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Figure 1.3: (A) Schematic picture of the proposed bronchotracheal stent concept. Current therapy for

bronchotracheal cancer involves bronchoscope-assisted resection of the tumor. Typically, small tumor

nodules will remain (marked yellow in the figure). After the resection of the tumor, a PU-covered

expandable stent will be implanted in the airways. The outward radial force of the stent will suppress

tumor regrowth into the bronchial lumen. (B) Enlargement of bronchotracheal stent. For existing covered

airway stents, mucus plugging at the distal end of the stent is often leading to failure of the stent. The new

stent concept supports repopulation of respiratory epithelial cells at the air-liquid interface (red cells) to

improve the mucociliary transport and to reduce the risk of stent obstruction. Nutrient transport across

the PU cover is needed to support growth of the respiratory epithelium. In the PU stent coating, an

anti-cancer drug was loaded to resist tumor growth.

drugs, characterization of drug release and compatibility with pulmonary epithelial

cells. Gefitinib (Iressa) is an inhibitor of the epidermal growth factor receptor and

has good efficacy against pulmonary cancer [22] and was chosen as model anti-

cancer drug for loading in the polymeric coatings. To further control drug release

from the stent coatings and prevent unwanted chemical reactions between drug and

coating materials, we incorporated gefitinib in poly(lactic-co-glycolic acid) (PLGA)

microspheres that were subsequently loaded in the stent coating, apart from directly

loading drug microparticles in the polymeric coating material.

Polyurethanes (PUs) are synthetic polymers that carry urethane (or carbamate) bonds
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(-NH-COO-) in their main chains, and they were first described in the work of Otto

Bayer [23]. Over the past 40 years, PUs have been used as biomaterials, partic-

ularly as components of implanted devices (such as stents), due to their excellent

mechanical flexibility and good biocompatibility [24].

In Chapter 2, we fabricated PU coatings by a spray coating method that yields a

non-woven, fleece-like material with high flexibility. These PU fleeces were studied

for suitability as bronchotracheal stent coating material in view of their compatibility

with culturing pulmonary epithelial cells. Based on these studies, a stent coating

was selected for future studies involving drug loading and biocompatibility studies

in sheep.

In chapter 3, we prepared gefitinib-loaded PLGA microspheres and studied the

relationships between particle sizes and drug loading and release kinetics. The

obtained results were used to select a subfraction of drug-loaded microparticles

with well-defined release properties that were later incorporated in the polymeric

stent coating.

In Chapter 4, gefitinib microcrystals and gefitinib-loaded PLGA microspheres were

loaded between two layers of the non-woven PU fleece. The drug release from the

different constructs as well as the degradation behavior of the microspheres inside

the PU constructs were investigated.

In Chapter 5, gefitinib microcrystals and gefitinib-loaded PLGA microspheres were

embedded in a different type of PU coating that was prepared via a water-blown foam

process. The drug release from the different constructs as well as the degradation

behavior of the microspheres inside the PU constructs were investigated.

Apart from loading drug in a polymeric coating that is applied onto a metal stents,

drug can also be loaded directly onto stents without polymer carrier. In Chapter 6,

we reviewed the state-of-the-art for such a polymer-free drug-eluting stent approach.

Chapter 7 summarizes this thesis and discusses the future perspectives and conclu-

sions.
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Chapter 2

Selection and fabrication of

non-woven polyurethane

membrane as a platform for

respiratory epithelial cells as

stent coating

W. Chen, J. Clauser, A. L. Thiebes, D. J. McGrath, P.E. McHugh, U.
Steinseifer, S. Jockenhoevel, W. E. Hennink, R. J. Kok, Selection and
fabrication of a non-woven polycarbonate urethane cover for a tissue
engineered airway stent. Int. J. Pharm. 514.1 (2016): 255-262.





Abstract

One of the major problems in end-stage bronchotracheal cancer is stenosis of the

upper airways, either due to luminal ingrowth of the tumor or mucus plugging.

Airway stents that suppress tumor ingrowth and sustain mucociliary transport can

alleviate these problems in end-stage bronchial cancer. We evaluated different types

of polymeric covers for a tissue engineered airway stent. The distinguishing feature

of this stent concept is that respiratory epithelial cells can grow on the luminal

surface of the stent which facilitates mucociliary clearance. To facilitate growth of

epithelial cells at the air-liquid interface of the stent, we developed a polyurethane

cover that allows transport of nutrients to the cells. Nonwoven polycarbonate

urethane (PCU) covers were prepared by a spraying process and evaluated for their

porosity and glucose permeability. Respiratory epithelial cells harvested from sheep

trachea were cultured onto the selected PCU cover and remained viable at the air-

liquid interface when cultured for 21 days. Lastly, we evaluated the radial force of

a PCU-covered nitinol stent, and showed the PCU covers did not adversely affect

the mechanical properties of the stents for their intended application in the smaller

bronchi. These in vitro data corroborate the design of a novel airway stent for

palliative treatment of bronchotracheal stenosis by combination of stent-technology

with tissue-engineered epithelial cells.
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2.1 Introduction

Obstruction of the upper airways due to lung cancer can result in life threatening

and distressing breathlessness [1, 2]. Although the tumor that occludes the airways

can be largely resected by bronchoscope-assisted minimal invasive surgery, airway

stenting is needed to preserve the respiratory function of patients with end-stage

bronchial cancer [3, 4].

A variety of stents are available for application in the tracheobronchial tree, and the

biomechanical properties depend on the materials used and how they are constructed

[5]. Silicone stents have been available since the early 1960s but are underused be-

cause their insertion requires the use of a rigid bronchoscope [6]. Expandable metal

stents have been used successfully to relieve airway obstruction [7]. They can be

placed via flexible bronchoscopy under local anaesthesia [6, 8]. For bronchotracheal

cancer, the outward pressure of a covered bronchial stent preserves the patency of the

bronchotracheal tract at the site of the resected tumor and prevents tumor regrowth

into the airway lumen [9]. However, complications have been reported such as stent

migration and obstruction [10, 11]. Moreover, excessive formation of granulation

tissue can lead to obstruction of the stent [12]. Another frequently observed problem

for covered stents is mucus plugging, due to impaired mucociliary clearance from

the lower airways over the stented bronchial wall [13, 14]. To overcome current

limitations of airway stenting for bronchotracheal cancer, we propose a tissue engi-

neered type airway stent that supports regrowth of airway epithelial cells onto the

luminal site of the covered stent (Figure 2.1). The respiratory epithelial layer on the

luminal side guarantees improved mucociliary clearance and hence will reduce the

risk of mucus plugging [15]. Such an airway stent consists of a nitinol mesh covered

with a biocompatible polymeric cover that can support cell adhesion, proliferation

and transport of nutrients. Furthermore, the cover needs to withstand the pressure

of an ingrowing tumor to prevent restenosis.

In the present study, we evaluated different types of polycarbonate urethane (PCU)

nonwoven fabrics for their suitability to serve as cover in the above described air-
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way stent concept. The nonwoven PCU cover was manufactured by a spray coating

method that results in a highly porous and flexible material. Different spraying con-

ditions were compared to obtain an optimized cover that supports glucose transport

and adhesion and proliferation of sheep respiratory epithelial cells at the air-liquid

interface. We used primary sheep epithelial cells for this study in view of a planned

biocompatibility and functionality studies in sheep. The dimensions of the upper

airways are comparable in sheep and man, thus allowing the testing of stent sizes

optimized for human bronchial dimensions. The selected PCU cover was applied

onto a bronchotracheal laser-cut nitinol stent and tested for its possible unwanted

effects on the stent’s mechanical properties.

Figure 2.1: (A) Schematic picture of the proposed bronchotracheal stent concept. Current therapy for

bronchotracheal cancer involves bronchoscope-assisted resection of the tumor. Typically, small tumor

nodules will remain after surgery (marked yellow in the figure). After the resection of the tumor, a

PCU-covered expandable stent will be implanted in the airways. The outward radial force of the stent

will suppress tumor regrowth into the bronchial lumen. (B) Enlargement of bronchotracheal stent. For

existing covered airway stents, mucus plugging at the distal end of the stent is often leading to failure

of the stent. The new stent concept supports repopulation of respiratory epithelial cells at the air-liquid

interface (orange cells) to improve the mucociliary transport and reduce the risk of stent obstruction.

Nutrient transport across the PCU cover is needed to support growth of the respiratory epithelium.
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2.2 Materials and methods

2.2.1 Materials

Medical grade polycarbonate urethane (PCU, CarbothaneT M 3575A, true density:

1.15 g/cm3) was obtained from Lubrizol Advanced Materials, Inc., USA. All other

chemicals were at least from analytical grade. Chloroform was bought from Bio-

solve, Valkenswaard, the Netherlands. Glucose was bought from Sigma Aldrich.

2.2.2 Fabrication of PCU covers

The PCU covers were fabricated using a spray coating method [16]. Nonwoven

PCU covers were prepared by spraying a solution of Carbothane (7.5% w/w in

chloroform) onto a rotating spindle (diameter 22 mm, length 20 cm). The spraying

unit (Figure 2.2) was built in a glove box and consisted of a SATA Mini-jet 3000

spraying nozzle (SATA GmbH & Co. KG. Kornwestheim, Germany), chloroform

resistant polyamide tube (KSA, Germany), and a computer driven syringe pump

equipped with a disposable syringe (B. Braun, Germany). Spraying settings are

listed in Table 2.1. In order to achieve uniform thickness of the PCU cover, the

spraying nozzle was moved constantly along the length of the spindle. The PCU

covers were dried in a ventilated oven at 30 ◦C for at least two hours to evaporate

the chloroform, after which the covers were carefully cut from the spindle.

2.2.3 Characterization of PCU covers

2.2.3.1 Morphology and density of PCU covers
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Figure 2.2: Schematic display of spraying unit for fabrication of nonwoven PCU covers.

PCU covers were examined by scanning electron microscopy (SEM) on a Phenom

electron microscope (FEI Company, the Netherlands). Samples were cut into small

rectangle pieces (1 mm × 5 mm) and glued onto 12 mm diameter aluminium spec-

imen stubs (Agar Scientific Ltd., England) using double-side adhesive tape. The

cross sections were covered by a fine platinum layer (4 nm) using an ion coater

under vacuum. Thicknesses of the PCU covers were calculated with the open

source program ImageJ (National Institutes of Health, NIH). PCU cover densities

and porosities were calculated using the formulas:

1. Cover density =
weight

area∗ thickness

2. Cover porosity = 1− cover density
truedensityo f PU

2.2.3.2 In vitro glucose transport over PCU cover

In vitro glucose transport over the different PCU covers was studied using in-house
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prepared diffusion cells with two well-stirred compartments seperated by the PCU

cover. The area of the PCU cover for diffusion was 0.78 cm2. Glucose transport was

studied at room temperature after filling the donor compartment with 4 ml 5% (w/v)

glucose in PBS (10 mM sodium phosphate, 140 mM NaCl, pH 7.4) and the receptor

compartment with 4 ml blank PBS. Glucose concentrations in 20 µl aliquots from

donor and receptor compartments were determined using a commercial glucose

meter (AccuChek Sensor Comfort, Roche).

Modulated glucose transport over the PCU covers of 100-400 µm thickness was

calculated using Fick’s euqation: J = - D × dC/dx, where dC/dx is the concentra-

tion gradient of glucose over the membrane with thickness dx, D is the diffusion

coefficient of glucose in the membrane at 25 ◦C, J is the flux of transported amount

of glucose per surface area.

2.2.3.3 Culturing of respiratory epithelial cells on PCU cover

Primary respiratory epithelial cells were isolated from ovine trachea from sheep

euthanized for other purposes at the RWTH Aachen University Hospital Institute of

Laboratory Animal Science. Dissected trachea were immediately placed in trans-

port buffer (100 mM HEPES, 140 mM NaCl, 2.5 mM KCl, 10 mM glucose, 1%

antibiotic-antimycotic solution, pH 7.4). Respiratory epithelial cells (RECs) were

isolated according to a protocol published by Yamaya et al. [17]. Ovine tracheal

mucosa was incised longitudinally, mucosa strips were removed and placed into a

solution of 1.8 U/ml protease XIV (Sigma Aldrich) and incubated at 4 ◦C overnight.

After removal of the strips and centrifugation, the harvested cells were dispersed in

Dulbecco’s modified Eagle medium (DMEM), seeded in cell culture flasks and main-

tained in a humidified incubator at 37 ◦C and 5% CO2. After 48 h, the medium was

changed to Airway Epithelial Cell Growth Medium (PromoCell, Germany). Cells

were detached when they reached 70-80% confluency using 0.05% trypsin/0.02%

EDTA solution (PAN-Biotech, Germany) and grown onto PCU covers as described
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below. PCU samples were fixed in CellCrownT M inserts (Scaffdex, Finland) and

placed in a 12-well plate (CellStar, Greiner Bio-One, Germany). Respiratory ep-

ithelial cells of passage 1 were seeded onto the PCU covers with a concentration

of 8 × 104 cells/cm2 and cultured in submersed condition in Airway Epithelial

Cell Growth Medium for 7 days. Next, the culture conditions were changed to an

air-liquid interface setup in which the upper compartment of the transwell insert

did not contain culture medium. The respiratory epithelial cells were cultured for

an additional 21 days at the air-liquid interface in Airway Epithelial Cell Growth

Medium supplemented with retinoic acid (50 nM, Sigma-Aldrich, Germany; pro-

tocol from PromoCell). Medium was changed every other day. At the end of the

28-day culture, cells were fixed with paraformaldehyde for 30 minutes, washed three

times with PBS, after which nuclei were stained with 4’ 6-diamidino-2-phenylindole

(DAPI; Sigma Aldrich). Images were taken with Zeiss Zoom. V16 and ZEN pro

software (2012, blue edition).

2.2.4 PCU-covering of nitinol stent

Nitinol airway stents (15 mm diameter; 30 mm long) were designed, and laser-cut

from a single nitinol tube of 5 mm outer diameter (OD) and 0.23 mm thickness as

described elsewhere [18]. The stent was placed on the rotating spindle and fixed at

both ends with non-adhesive tape. At each side of the stent, 5 mm of the nitinol was

covered by the tape to allow for non-covered ends that facilitate the anchorage of

the stent into the bronchial wall. A nonwoven PCU cover was applied as described

in section 2.2.2 according to setting B (2 ml/min spraying solution; 0.8 Bar; 23 cm

distance). After drying of the coating as described above, the tape was carefully

removed from the masked ends of the stent.

2.2.5 Stent Radial Force Testing
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Radial force testing was carried out on a bare and a PCU-covered stent on an 8-faced

crimping head (RCM-H60, MPT Europe) connected to a Zwick uniaxial testing

machine (Zwick 7025-3, Zwick, Ulm, Germany). Stents were crimped from their

free diameter (15 mm) to a constrained diameter of 7.5 mm (100% crimped state)

at a rate of 0.06 mm/s at 37 ◦C. After crimping, the stents were allowed to expand

to their original diameters at the same rate. Testing a stent in this way replicates

the loading it undergoes when inserted into a delivery device (crimping step) and

develop into an airway (expanding step).

2.3 Results and Discussion

2.3.1 Characteristics of the PCU covers

Polycarbonate urethanes are used in a wide variety of medical devices such as

catheters, heart valves and coatings [19] as well as for drug delivery applications

[20]. We made nonwoven PCU covers as listed in Table 2.1 by spraying a diluted

PCU solution onto a rotating spindle. Several settings of the spraying unit were

varied, such as spraying pressure, flow rate of the PCU solution and the distance

between the spraying nozzle and the rotating spindle. Covers A-C were sprayed

with 6 ml of polymer solution while Cover D was sprayed with 10 ml, corresponding

to 8.5 and 12 mg PCU/cm2 on the spindle. Cover weights determined after drying

of the material nicely correlated with the amount of sprayed PCU, amounting to

a recovery of 70-100% of the PCU for either high flow rate/low spraying pressure

(A, B) or low flow rate/high pressure (C, D). Thicknesses of the PCU covers were

determined from SEM photomicrographs taken from cross-section of the materials

(see below). Roughly, the thickness of the 4 prepared covers ranged from 100-

400 µm. Densities and porosities of the covers were calculated from cover weight

and SEM cross-section thicknesses. The porosities of the covers ranged from 50-
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79%, which indicates that the non-woven materials had a high pororsity with likely

interconnected pores which in principle should allow transport of nutrients.

Table 2.1: Fabrication parameters and properties of PCU-samples.

Samples Pressurea Flow rateb Spray PCU Cover PCU Thicknessg Densityh Porosityi

(bar) (ml/min) distancec sprayedd weighte cover f (µm) (mg/cm3 ) (%)

(cm) (mg/cm2 ) (mg/cm2 ) (%)

PCU_A 0.8 2.0 11 8.5 6.30 ± 0.08 74 ± 1 110 ± 7 572 ± 9 50 ± 6

PCU_B 0.8 2.0 23 8.5 5.93 ± 0.11 69 ± 1 240 ± 10 247 ± 4 79 ± 4

PCU_C 1.6 0.5 23 8.5 9.48 ± 0.08 100 ± 1 300 ± 13 316 ± 3 73 ± 4

PCU_D 1.6 0.5 23 12 12.18 ± 0.08 99 ± 1 390 ± 11 312 ± 9 73 ± 3

Surface of the complete PCU cover: 69.08 cm2. The true density of PCU is 1.15 g/cm3. Reported values are mean ±

standard deviation of three patches of the PCU-covers. a Pressure of the carrier gas. b Flow rate of the PCU solution

controlled by the syringe pump. c Spray distance between the nozzle and the spindle. d Amount of PCU sprayed as

calculated from concentration of PCU, spraying time and flow rate. e Ccover weights were determined by weighting

pieces of 1.85 cm2 PCU samples. f PCU recovery was calculated from cover weights divided by the amount of PCU

sprayed. g Thickness was determined from at least 10 different SEM images of the cross-sectioned PCU covers. h

Density was calculated by formula 1. i Porosity was calculated by formula 2 in the methods section.

Figure 2.3 shows SEM images of the cross-sections of the PCU covers. These

photomicrographs clearly demonstrate the porous structure of the nonwoven mate-

rials. The thicknesses of the PCU covers listed in Table 2.1 were measured in ten

different SEM images of the developed covers. For all PCU covers, different types

of porosity can be observed. Larger cavities most likely reflected porosity between

the strands of deposited material. In addition, smaller pores within the polymeric

material were observed. Although it is difficult to judge whether the above calcu-

lated high porosities of up to 79% were correct, the images showed that the covers

form a connected layer, which was also observed macroscopically (data not shown).

Most likely there were interconnected pores inside the PCU covers.

2.3.2 Glucose transport across the PCU covers
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Figure 2.3: SEM pictures of cross-sections of the PCU covers PCU_A (A), PCU_B (B), PCU_C (C) and

PCU_D, respectively. Magnification × 600.

We measured glucose transport over the PCU covers in a two-compartment diffu-

sion cell with stirred chambers filled with either PBS (receptor chamber) or PBS

with glucose (donor chamber). It is assumed that glucose transport occurs via

buffer-filled pores of the nonwoven PCU covers which means that under steady

state conditions the glucose transport can be described by Fick’s first law of diffu-

sion as mentioned in 2.2.3.2. Figure 2.4A shows that equilibrium between the two

compartments is reached in about 20 h for PCU_A membrane (110 µm thickness).

This figure also shows that the data can be well fitted using a diffusion coefficient of

1 × 10−6 cm2/sec, which is lower than the Dglucose in water (6.7 × 10−6 cm2/sec)

[21]). Figure 2.4B shows that for PCU_B, which is about two times thicker than

PCU_A, equilibrium is reached within 1 hour. This points to a higher Dglucose
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in this cover which can be explainded by its higher porosity (79% of PCU_B and

50% of PCU_A). Figure 2.4C shows that for PCU_C (300 µm) the time to reach

equilibrium was 27 hours which is similar to that for PCU_A. Obviously, the higher

porosity compenstates (72 verus 50%) the longer diffusions distance (300 vs 110

µm). Finally, Figure 2.4D shows that PCU_D is essentially impermeable for glu-

cose despite its high porosity. Likely the pores are not interconnected and therefore

glucose transport does not occur. In view of the need for efficient nutrient transport

over the PCU cover, we selected cover PCU_B for further testing of respiratory

epithelial cell growth.

Figure 2.4: Glucose transport across polyurethane membrances PCU_A (A), PCU_B (B), PCU_C (C)

and PCU_D. Black line: concentration of glucose in donor chamber, red line: concentration of glucose

in receptor chamber, N = 3. The dotted lines in A shows the calculated transport assuming Dglucose = 1

× 10−6 cm2/sec.

2.3.3 Culturing of respiratory epithelial cells on PCU cover

Tracheal epithelial cells have an important role in the clearance of mucus from the
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lungs and small bronchi. Fully covered airway stents suffer from mucus plugging

since the mucus transport is impaired over the surface of the stent. Repopulation

of the stents surface with epithelial cells - as proposed presently - may alleviate

this problem. It is therefore important that respiratory epithelial cells can grow

at the air-liquid interface on top of the PCU covers. We evaluated adhesion and

proliferation of respiratory epithelial cells under such conditions in vitro, using

epithelial cells isolated from sheep trachea. After initial culturing of the isolated

cells under immersed conditions to allow attachment and proliferation of the cells

on the polymeric material (Figure 2.5, panel A, day 1-7), the primary cells were

grown for another three weeks at air-liquid interface in well-plate inserts. Since the

cells were cultured on top of PCU cover, they relied fully on transport of nutrients

over the nonwoven material (Figure 2.5, panel B, day 8-28). Fluorescent images

of DAPI-stained cells at day 28 showed that respiratory cells had evenly distributed

over the surface of the PCU cover during the 21-days of air-liquid interface culture

(Figure 2.5, panel C). This result shows that permeability of the cover is sufficient,

enabling transport of nutrients and most likely also of growth factors and other

molecules that are needed to nourish respiratory epithelial cells.

Figure 2.5: Culturing of respiratory epithelial cells on PCU covers. (A) Primary sheep epithelial cells

were first cultured onto PCU covers under immersed conditions. (B) PCU-attached epithelial cells

were grown at air-liquid interface by applying differentiation medium only in the basal chamber. (C)

DAPI-staining of respiratory epithelial cells grown for 21 days at air-liquid interface of PCU_B.

2.3.4 Fabrication of PCU-covered bronchotracheal stent
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A laser-cut stent was designed using finite element methods [18]. This stent of 15

mm OD was designed to provide a radial force of approximately 11-20 N when

implanted in a 12 mm bronchus, based on benchmark testing of commercial tra-

cheobronchial stents in the radial force testing apparatus described in the methods

section. Figure 2.6 shows the appearance of the bare metal stent and its PCU-

covered counterpart. The last 5 mm of each end of the metal stent stucts was left

bare to allow the stent to anchor firmly into the bronchial mucosa, which will ensure

that the stent remains in the desired position. This hypothesis and the biocompati-

bility and functionality of the discussed airway stent are currently tested in healthy

sheep, in a study design that will follow the fate of the stent up to 6 months after

implantation.

Figure 2.6: Images of the fabricated bare laser-cut metal stent (A) and PCU_B covered metal stent (B).

The size of both stents was 15 mm × 30 mm ((outer diameter) OD × length), the ends of the PCU_B

covered stent were left uncovered to allow better tissue anchorage.

In the present study, we evaluated the effect that the cover has on the radial force

of the laser-cut stent in an experiment that represent the crimping of the stent and

its deployment out of a suitable sized delivery system. The results of the radial

force tests are shown in Figure 2.7. The coated stent was successfully crimped to

a diamter of 7.5 mm, which represents the inner diameter of the intended delivery

device. The coating caused a significant increase in the radial resistive force (RRF)

(the loading cycle highlighted in blue in Figure 2.7) of the stent, which resulted in

a difference of 19 N between the stents at maximum crimp (7.5 mm). The chronic

outward force (COF) (the unloading cycle highlighted in red in Figure 2.7) of the

stent is also increased by the coating, but to a lesser extent than the RRF. This is
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particularly evident at 12 mm unload (a typical deployment diameter for a 15 mm

stent assuming a 20% oversizing) where the COF is 15 N for both stents. The

COF of the coated stent at a 20% oversizing remained mid-way between the range

observed (11 to 20 N) for commercial tracheobronchial stents. The higher RRF for

the coated stent may reduce the risk of stent migration when the airways contract

during coughing. A more detailed analysis of the effect that coatings can have on

stent response can be found in other studies [22, 23].

Figure 2.7: Radial force curve of bare metal stent (A) and PCU_B-covered metal stent (B). The upper

blue line refers to the loading cycle and the lower red line refers to the unloading cycle. The intersection

of a dashed line corresponds to the radial force of the bare metal stents and PCU_B-covered metal stent

at the OD of 7.5 mm and 12 mm.

2.4 Conclusions

In this study, polycarbothane urethane was spray-coated onto a rotating spindle

to form porous non-woven covers. The densities and porosities were calculated

according to the practical data and the formulas. PCU_B showed lowest densi-

ty and highest porosity, the glucose transport across the PCU covers revealed that

the PCU_B had highest permeability of glucose (the concentration of glucose in

the donor and receptor compartment reached equilibrium in 1 hour). Importantly,

PCU_B showed good cytocompatibility with respiratory epithelial cells. In conclu-

sion, we have developed a nonwoven PCU cover for airway stents that can support

adhesion and proliferation of respiratory epithelial cells at air-liquid interface. Such
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an improved airway stent concept can solve current problems with airways stents

such as impaired mucus transport. Currently, we are evaluating the biocompatibility

and functionality of the airway stent in sheep and in future studies we will investigate

whether anticancer drugs can be incorporated in the polymeric cover.
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Abstract

Polymeric microspheres have gained widespread application as drug eluting de-

pots. Typically, drug loaded polymeric microspheres are prepared by oil-in-water

emulsification which yields a product with a broad size distribution. The aim of the

present study was to investigate the properties of different size-fractions of drug-

loaded microspheres, in order to delineate whether particle size governs drug load-

ing efficiency and release profile. Gefitinib-loaded PLGA-based microspheres were

prepared using an oil-in-water solvent evaporation method and wet-sieved to obtain

well-defined size fractions of 5 ± 1, 32 ± 4, 70 ± 3 and 130 ± 7 µm, respectively.

The average drug loading of unfractionated microspheres was 6.3 ± 0.4% w/w,

while drug loading of sieved fractions ranged from 2.4 ± 0.3 to 7.6 ± 0.9% w/w for

smallest to largest microparticles. X-ray diffraction (XRD) and differential scanning

calorimetry (DSC) analysis demonstrated that gefitinib was amorphously dispersed

in the PLGA matrix, with no apparent shift in the Tg of PLGA indicating the absence

of direct molecular interactions of the drug and polymer due to the formation of

small drug particles embedded in PLGA. In vitro drug release was studied with

microspheres embedded in dextran hydrogels to avoid their aggregation during the

incubation conditions. Microspheres smaller than 50 µm showed rapid diffusion-

based release reaching completion within 2 days when particles have not degraded

yet. Larger microspheres, on the other hand, showed a sigmoidal release pattern

that continued for three months in which diffusion (early stage) as well as particle

erosion (later stage) governed drug release. Scanning electron microscopy (SEM)

and polymer degradation data showed that larger microspheres degraded faster

than smaller ones which is in line with autocatalytic PLGA degradation upon acid-

ification within the core of microparticles. In conclusion, we showed that different

size-fractions of drug-loaded microspheres showed quite distinct drug loading and

release kinetics. Control of microparticle size by fractionation is therefore an im-

portant determinant for obtaining well-defined and reproducible sustained release

depots.
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3.1 Introduction

Biodegradable polymeric microspheres have been extensively investigated as deliv-

ery systems for a variety of molecules such as peptides and pharmaceutical proteins

[1–3] and hydrophobic drugs [4–6]. Tailoring the chemical and physical proper-

ties of polymers allows control over the release properties of such drug eluting

systems, which can be modulated over the required time period for instance from

days to several weeks to over a year [2]. Poly(lactide-co-glycolide) (PLGA) has

been one of the most frequently used biodegradable polymers for the development

of drug-loaded microspheres systems [5, 7]. PLGA microspheres are usually pro-

duced by an emulsification process in which the drug and polymer are emulsified

into microsized droplets that solidify upon extraction of the organic solvent from

the dispersed phase. Classical production by high-speed emulsifiers or sonication

typically produces particles with a wide range in particle size and internal and exter-

nal morphology [8, 9], depending on the formulation and process parameters. More

recent production processes involve membrane sieving and microfluidic devices

resulting in so-called monodisperse microspheres with a narrow size distribution,

referred to as monospheres [10–12]. Drug release from biodegradable polymeric

microspheres largely depends on diffusion, particle erosion or a combination of

these processes [13–16].

A significant amount of work has been done on the mathematical modeling of

drug release profiles from polymeric microspheres, to predict drug release rates

and provide insight into the fundamental processes that govern release [15, 17–

19]. However, the physical and chemical processes involved in drug release from

biodegradable polymeric matrices are complex and factors such as drug solubility

and its diffusion coefficient in the polymer matrix may change in time in response

to polymer chain scission and influx of water. Although mechanistic models for

drug-eluting depots such as the Higuchi model or the Korsmeyer-Peppas model have

been used to describe drug release profiles from microspheres [20–22], most release

profiles are best described by non-mechanistic sigmoidal curve fitting models [23].
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We now hypothesize that different properties of larger and smaller microspheres

contribute to the complex drug release profile of polydisperse microspheres, while

such considerations do not apply -or only to a lesser extent- to macroscopic sustained

release formulations. Such differences may relate to the final surface/volume ratio of

the polymeric microspheres, but may also originate from differences in the rates of

solvent extraction between smaller and larger emulsion droplets during preparation

affecting the drug loading of these particles. The objective of the present study is

to investigate the relationship between particle size and drug loading and release

profiles of well-defined size fractions obtained from polydisperse microspheres. Our

method of microsphere preparation is commonly applied for the majority of drug-

loaded microparticles and are therefore relevant for obtaining better reproducible

results with amphiphilic drug compounds.

In this study, we used gefitinib as an amphiphilic model drug (Figure 3.1) which

is a low molecular weight inhibitor of the intracellular tyrosine kinase domain of

epidermal growth factor receptor (EGFR) that has been approved for the treatment

of EGFR-positive metastatic non-small cell lung cancer (NSCLC) [24]. Gefitinib-

loaded polymeric microspheres can be of potential benefit for the local treatment of

NSCLC when implanted in a stent-like device. We prepared gefitinib-loaded micro-

spheres by a single w/o emulsion method similar to a previously described method

for the kinase inhibitor imatinib [25] and fractionated the obtained polydisperse

product into well-defined size fractions by membrane sieving. The resulting subset-

s of polymeric microspheres were studied for their drug-loading, physicochemical

properties and drug release profiles.

3.2 Materials and methods

3.2.1 Materials
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Figure 3.1: Chemical structure of gefitinib.

PLGA 5004A (acid terminated, lactide/glycolide molar ratio 50:50, IV=0.4 dl/g)

was obtained from Corbion Purac Biomaterials, the Netherlands. Gefitinib (free

base, >99%) was purchased from LC laboratories, USA. Polyvinyl alcohol (P-

VA; Mw 30-70,000 g/mol, 87-90% hydrolyzed), disodium hydrogen phosphate

(Na2HPO4) and sodium azide (NaN3, BioUltra, ≥99.5%) were purchased from

Sigma Aldrich (Germany). Phosphate buffered saline (PBS 10 mM sodium phos-

phate, 140 mM NaCl, pH 7.4) was purchased from Braun (Melsungen AG, Ger-

many), dichloromethane (DCM), tetrahydrofuran (THF) and acetonitrile were pur-

chased from Biosolve (Valkenwaard, the Netherlands). Dextran (from Leuconostoc

mesenteroides, T40, Mw=40,000), glycidyl methacrylate (GMA), ammonium per-

oxydisulfate (APS), and N,N,N’,N’-tetramethylethylenediamine (TEMED) were

obtained from Fluka Chemie AG, Buchs, Switzerland. 4-(N,N-dimethylamino)

pyridine (DMAP, 99%) was from Acros Chimica, Geel, Belgium. Dialysis tubes

(cellulose, Mw cutoff 12,000-14,000) were purchased from Medicell International

Ltd., London, England.

3.2.2 Preparation of gefitinib-loaded PLGA microspheres

Gefitinib-loaded PLGA microspheres were prepared by a single O/W emulsifica-

tion as described previously [25, 26]. PLGA 5004A (5 g) was dissolved in 10 ml
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dichloromethane (DCM). Since gefitinib has a low solubility in DCM (15 mg/ml),

DMSO was used as cosolvent. Gefitinib was dissolved in dimethyl sulfoxide (DM-

SO) and heated at 60 ◦C for 10 minutes to obtain stock solution of 200 mg/ml. After

cooling, 2.5 ml of this gefitinib stock solution (corresponding with 500 mg gefitinib)

was mixed with the PLGA solution (final gefitinib:PLGA ratio was 1:10 w/w). The

resulting organic phase was transferred into a plastic syringe and dropwise emulsi-

fied (6 min) into 100 ml of 2% PVA aqueous solution while stirring at a rate of 30,000

rpm using an IKA homogenizer (IKA Labortechnik Sraufen, Germany). Next, the

suspension was stirred overnight at room temperature using a magnetic stirrer (500

rpm) to extract and evaporate DCM. Microspheres were collected by centrifuga-

tion (4000 g for 3 minutes, Laboratory centrifuge, 4K15 Germany), washed three

times with 50 ml of distilled water, and lyophilized overnight. Blank microspheres

without gefitinib were prepared in a similar manner.

Lyophilized microspheres were fractionated by wet-sieving using standardized square

mesh sieves of 100, 50, 20 µm mesh sizes (Nickel precision filters, Stork Veco BV,

Eerbeek, the Netherlands), lyophilized again and stored at -20 ◦C until further use.

3.2.3 Characterization of the microspheres

3.2.3.1 Determination of microspheres sizes

Particle size distributions of three independently prepared batches of gefitinib mi-

crospheres and their corresponding size-fractions were determined by an AccuSizer

780 (Optical particle size, Santa Barbara, California, USA). Particle sizes are re-

ported as volume weighted mean diameters (vol-wt mean) while polydispersity

is expressed as span value (SP) calculated with the following formula: SP = (d90 -

d10)/d50, where d90 is the particle diameter at 90% cumulative size, d10 is the particle

diameter at 10% cumulative size and d50 is the particle diameter at 50% cumulative
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size [27]. A high span value indicates a wide distribution in size (polydispersity)

while a lower span value indicates a narrow size distribution (monodispersity). The

size distribution is considered as narrow for span values <0.4528 [28]. Aliquots of

approximately 10 mg of microspheres suspended in 1 ml water were assayed. A

minimum of 9,000 microspheres were analyzed for each sample.

3.2.3.2 Determination of gefitinib content in the microspheres

The gefitinib loading of unfractionated and fractionated microspheres was deter-

mined by dissolving accurately weighed amounts of microspheres of approximately

3 mg in 10 ml of DMSO. Gefitinib concentrations in these samples were measured

by high performance liquid chromatography (HPLC) using a C18 column (4.6 ×

150 mm, 5 µm particle size; SunfireT M , Ireland) and a mobile phase of acetoni-

trile:methanol:water in ratio of 20:23:57 v/v/v, complemented with TFA (0.3% w/v),

at a flow rate of 1.0 ml/min. Gefitinib standards (1-150 µg/ml dissolved in DMSO)

were used for calibration and detection was done at 254 nm. Loading capacity (LC)

and encapsulation efficiency (EE) were calculated using the following equations:

LC (% w/w) =
masso f druginmicrospheres
total masso f microspheres

×100%

EE (%) =
loadingcontend (LC %w/w)
initial drugloading(%w/w)

×100%

3.2.3.3 Scanning electron microscopy (SEM)

Samples were glued on 12 mm diameter aluminum sample holders using conductive

carbon paint (Agar scientific Ltd., England) and covered by a platinum layer (4

nm) under vacuum using an ion coater. The morphology of the microspheres was

examined by scanning electron microscopy (SEM, PhenomT M , FEI Company, the

38



Netherlands).

3.2.3.4 Thermal gravimetric analysis (TGA)

Residual solvent content of the microspheres was determined by thermal gravimetric

analysis (TGA) using a Q SeriesT M instrument (Q50, TA Instruments, USA). Ac-

curately weighed amounts of around 15 mg freeze-dried microspheres were loaded

into aluminum pans and heated from 0 to 200 ◦C at a heating rate of 10 ◦C/min;

nitrogen gas was used for purging. Residual weight as a function of temperature

was recorded. The content of residual solvents was calculated from the weight loss

between 0 to 120 ◦C as compared to the weight of the original sample mass.

3.2.3.5 X-ray diffraction (XRD)

X-ray diffraction patterns of gefitinib free base, PLGA 5004A, blanc PLGA micro-

spheres and different gefitinib-loaded PLGA microspheres were recorded using a

Bruker-AXS D8 ADVANCE diffractometer coupled with a VANTEC detector and

a Ni filter. The measurements were made using Co-Kα12 radiation (λ = 1.79026

Å) at ambient conditions. Scans were performed between 10-75 degrees 2 theta

(2θ ), using a step size of 0.09 degrees 2θ and a scan speed of 2 seconds. Separate

blank patterns were recorded to allow subtraction of air and capillary wall-scattering.

Three individual small angle XRD measurements were performed.

3.2.3.6 Differential scanning calorimetry (DSC)

The physical state of the drug in the microspheres was analyzed using differential

scanning calorimetry (DSC, Q2000, TA Instruments, USA). Samples of 3-10 mg

(accurately weighed) freeze-dried microspheres were loaded into aluminum pans
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and which were subsequently closed. Samples were exposed to a three cycle heat-

ing/cooling protocol. In detail, the samples were heated from 0 to 60 ◦C at a heating

rate of 10 ◦C/min. Next, the samples were cooled down to 0 ◦C at a rate of 100
◦C/min. After 5 min at temperature 0 ◦C, the samples were heated again to 220
◦C at a heating rate of 10 ◦C/min and a temperature modulation ± 1 ◦C/30s. The

melting temperature (Tm) was determined from the total heat flow of the second

heating ramp and the glass transition temperature (Tg) was determined from the

reverse heat flow from the first and second heating ramps. Analysis of the results

was carried out by TA instruments Universal Analysis software. Physical mixtures

of the PLGA and gefitinib base were analyzed by DSC to determine the limit of

detection of this technique for gefitinib crystallinity in PLGA matrices.

3.2.4 In vitro release of gefitinib from PLGA microspheres

In vitro drug release experiments were performed with microspheres embedded in

dextran-methacrylate (dex-MA) hydrogels to prevent their aggregation during the

incubation conditions, while not limiting the release of gefitinib from the polymeric

microparticles. Methacrylated dextran T40 (Mw 32.5 kDa) with a degree of sub-

stitution of 10 was synthesized using a previously described procedure and used

to form chemically crosslinked hydrogels by free radical polymerization [29, 30].

In brief, Gefitinib-loaded PLGA microspheres (3 mg) were dispersed in a solution

of methacrylated dextran (150 mg dissolved in 1140 µl of PBS (10 mM sodium

phosphate, 140 mM NaCl, pH 7.4) containing 0.05% w/w sodium azide). Polymer-

ization was initiated by addition of 135 µl of potassium persulfate solution (KPS;

50 mg/ml in PBS; 17 µmol of KPS/g of gel) and 75 µl tetramethylethylenediamine

solution (TEMED 75 µl; 20% (v/v) in PBS; 67 µmol/g of gel).

Dispersion of gefitinib-loaded microspheres in 5 mm thick hydrogel slices (surface

area = 0.6 cm2) was visualized by fluorescence microscopy (Leica DM IRB, Ger-

many). Excitation of gefitinib was at 345 nm and emission at 385-465 nm was
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recorded [31].

In vitro release experiments were carried out in PBS containing 1% Tween 80 as

incubation buffer to ensure sink conditions for the released gefitinib. The incubation

buffer also contained 0.01% sodium azide to prevent bacterial growth. Dextran-MA

hydrogels loaded with gefitinib microspheres (7.5 mg of microspheres correspond-

ing to approximately 5 mg of gefitinib in 1 ml of Dextran-MA hydrogel) were casted

in Slide-A-Lyzer MINI Dialysis Devices (2K MWCO, external diameter: 0.86 cm,

length: 1.73 cm, Thermo scientific). An equivalent amount of gefitinib free base

crystals were loaded in dextran-MA hydrogels to verify that release rates were de-

pendent on drug release from microspheres and not on dissolution or diffusion of

drug from the hydrogel. After solidification of the Dex-MA solution, the dialysis de-

vices were transferred into centrifugation tubes containing 15 ml of PBS buffer (1%

Tween 80) and incubated at 37 ◦C under constant shaking. At different time points,

1 ml of the buffer was sampled and replaced by fresh buffer. The concentration of

gefitinib in the release samples was determined by HPLC as described in section

3.2.3.2. Cumulative gefitinib release was fitted by linear and nonlinear regression

analysis (Graphpad Prism version 5) according to equation 3.1 (zero-order release

model, small microspheres <50 µm) or according to equation 3.2 (sigmoidal release

model according to Duvvuri et al [23]; microspheres >50 µm and unfractionated

microspheres).

Q = A+ k ∗ t (3.1)

In which Q stands for cumulative drug release, t stands for the time since start of

the release experiment, A = intercept with Y-axis (burst release); k = rate constant

of release.

Q = A∗
(

1− e−k1∗t
)
+

B
1+ e−k2∗(t−T50)

(3.2)

In which Q stands for cumulative drug release, t stands for the time since start of

the release experiment, A is the percentage of total drug released during phase I, k1
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is the rate constant of drug release during phase I, B is the percentage of total drug

released during phase II, k2 is the rate constant of drug release during phase II, and

T50 is the time taken to release 50% of entrapped drug.

The best fitted line for the unfractionated microspheres from the individual weight

fractions was also calculated.

3.2.5 In vitro degradation of microspheres

Aliquots of gefitinib-loaded or placebo microspheres (5 mg) were transferred into

1.5 ml Eppendorf tubes and dispersed in 1 ml incubation buffer (see section 3.2.4).

Samples were incubated at 37 ◦C while gently shaking. At different time points,

tubes were taken out of the incubator and centrifuged at 20,000 g for 20 minutes to

collect the microspheres. The pelleted microspheres were washed twice with 1 ml

of reverse osmosis water and subsequently lyophilized and weighed. Morphology

of the incubated microspheres was studied by SEM as described in section 3.2.3.3,

while the polymer molecular weights were determined using gel permeation chro-

matography on a Waters Alliance system equipped with a refractive index detector.

Two-PL-gel 5 µm Mixed-D columns fitted with a guard column (Polymer Labs, Mw

range 0.2-400 kDa) were used and calibration was done using polystyrene standards

with narrow molecular weight distributions. THF was used as the mobile phase (1

ml/min).

3.3 Results and Discussion

3.3.1 Encapsulation of gefitinib in PLGA microspheres

Since gefitinib has a low solubility in DCM of approximately 15 mg/ml, DMSO was
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used as cosolvent for the O/W emulsification, affording a theoretical drug loading

of 9% w/w. Microspheres were obtained with an average size of 59 µm and a

gefitinib loading content of 6.3% w/w (70% EE), as listed in Table 3.1. The overall

yield after lyophilization was 81% of the starting materials. The obtained batches

of gefitinib microspheres were sieved into 4 size-fractions with good recovery for

both drug and polymeric materials (98%) and no drug detectable in the washing

fluids. The two largest size-fractions (50-100 µm and >100 µm) represented 66%

of the collected material.

Interestingly, the drug loading content (LC) differed significantly among the dif-

ferent size-fractions, with more than a 3-fold difference between the largest and

smallest size-fractions. Since the recovery of the drug was 98% after wet sieving,

the lower LC of the smaller size fractions reflects differences in drug loading be-

tween smaller and larger sized microspheres that had been established already before

sieving of the unfractionated material, i.e. during the emulsification and solvent ex-

traction phases. Siepmann et al. also found similar results for 5-fluorouracil (5-FU)

microparticles prepared by a solid-in-oil-in-water emulsification process [15]. Al-

though their results could be explained by entrapment of more and relatively larger

drug particles in the larger oil droplets versus small droplets, this does not apply

to our data on gefitinib PLGA microparticles since the drug was dissolved in the

DCM/DMSO phase before emulsification. A possible explanation for our results is

that drug loss during emulsification is mainly due to partitioning of gefitinib from

the dispersed oil droplets into the external water phase. Such processes will mainly

occur at the surface of the polymer droplets when the particles have not solidified

yet. Once the particles have solidified, the drug will be entrapped in the polymer

matrix. The relative higher surface:volume ratio of smaller droplets will result in

relative higher drug loss and hence a lower higher EE for smaller microparticles.

Mean ± SD values were calculated from the data of three independently prepared batches and represent reproducibility

between batches. a Particle size expressed as volume weighted mean diameter. b Span value = (d90 - d10)/d50 which

reflects the polydispersity within individual batches and size fractions. c EE: Encapsulation efficiency of gefitinib. d
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Table 3.1: Properties of gefitinib-loaded PLGA microspheres.

Formulations Particle Sizea (µm) Span Valueb EEc(%) LCd(%) Yielde(%)

Unfractionated 59 ± 10 1.5 ± 0.3 70.1 ± 3.6 6.3 ± 0.4 81.0 ± 1.7

Sieved

<20 µm 5 ± 1 0.4 ± 0.1 33.4 ± 4.0 2.4 ± 0.3 14.0 ± 1.7

20-50 µm 32 ± 4 0.7 ± 0.2 64.3 ± 3.6 5.8 ± 0.3 18.0 ± 1.7

50-100 µm 70 ± 3 0.6 ± 0.3 82.1 ± 4.7 7.3 ± 0.4 31.0 ± 3.0

>100 µm 130 ± 7 0.9 ± 0.2 84.2 ± 5.6 7.6 ± 0.9 35.0 ± 2.7

LC: loading content of gefitinib in the collected polymeric microspheres. e Yields were calculated as % of the original

materials (unfractionated microspheres) or relative to amount of material before sieving (fractionated microspheres)

3.3.2 Morphological characterization of gefitinib microspheres

Figure 3.2 shows the SEM micrographs of the unfractionated and sieved gefitinib-

loaded PLGA microspheres. All gefitinib-loaded PLGA microspheres had a smooth

and nonporous surface, without the presence of surface localized drug crystals. It

is also evident from the images that the unfractionated sample contained both small

and larger microspheres, whereas the fractionated samples A-D primarily contained

microspheres within the specified ranges, consistent with the size distribution data

in Table 3.1. Minor amounts of small particles were however detected in the sieved

fractions. Most likely, this is due to hydrophobic nature of PLGA, which favors

adherence of small microparticles to larger ones during the wet-sieving process. Size

distributions of the gefitinib-loaded PLGA microspheres are shown in supplemental

Figure S3.1.

3.3.3 XRD and thermal analysis
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Figure 3.2: SEM micrographs of (A) unfractionated gefitinib PLGA microspheres and (B-E) size-

fractionated gefitinib-loaded PLGA microspheres: (B) <20 µm; (C) 20-50 µm; (D) 50-100 µm and (E)

>100 µm. 600× magnification.
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The physical state of gefitinib in PLGA microspheres was studied by XRD crys-

tallography, as shown in Figure 3.3A. Gefitinib free base is highly crystalline and

exhibited intense peaks at 18.6◦, 19.2◦, 24.2◦, 26.2◦ and 26.4◦ as also reported by

Lee et al. [32]. PLGA microspheres prepared without drug (blank microspheres)

showed no peak indicative of crystalline material, which is expected for fully amor-

phous PLGA. Gefitinib loaded microspheres did not show peaks indicative for the

presence of crystalline drug, although one should note that the detection limit of

XRD (5% w/w gefitinib in PLGA) is close to the drug loading content in the micro-

spheres.

Figure 3.3: X-ray diffraction patterns of gefitinib free base, blank PLGA microspheres and gefitinib-

loaded PLGA microspheres with different size fractions (A). DSC profile of gefitinib free base, blank

microspheres and gefitinib-loaded PLGA microspheres (B).

Modulated DSC was applied to further investigate the physical state of the dispersed

gefitinib in the PLGA microspheres. The thermogram of gefitinib (Figure 3.3B)

showed an endothermic peak at 195 ◦C (∆H = 130.1 J/g) corresponding to its melting

temperature [32]. The melting peak of gefitinib was not detected in the thermograms

of gefitinib-loaded PLGA microspheres which confirms the absence of crystalline

drug within the polymeric microparticles, similar to the XRD data. DSC analysis of

a physical mixture of gefitinib and PLGA demonstrated that DSC is able to detect

the melting behavior of gefitinib in the same weight proportion as the drug loading

content in PLGA microspheres (7% w/w) (Supplemental Figure S3.2); the melting
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enthalpy of the drug corresponded to the expected weight fraction of the drug.

These data indicate that gefitinib is either molecularly or amorphously dispersed

in the matrix of the microspheres. The Tg of PLGA in the second heating cycle

was not significantly different between blank and gefitinib loaded microparticles

(44 ◦C, Table 3.2 and Figure 3.3), although lower Tg values were recorded in the

first heating ramp until 60 ◦C for both blank and drug-loaded microparticles. Such

differences between first and second heating cycle are indicative of the evaporation of

residual solvents from the studied materials, which was confirmed by measuring the

weight loss by thermographic analysis in the same heating range (60-120 ◦C) where

thermal decomposition of drug and PLGA is not yet expected. Since the weight loss

(less than 1%) was mainly observed above 60 ◦C but below 120 ◦C, i.e. above the

evaporation temperature of DCM but below the evaporation temperature of DMSO,

we attributed the weight loss to evaporation of water. Apparently, small amounts

of water were present in the PLGA matrix even after two subsequent lyophilization

steps. More importantly, since all differences in Tg between naive PLGA 5004A and

drug loaded microspheres disappeared in the 2nd heating ramp, we concluded that

gefitinib was amorphously but not molecularly dissolved in the polymeric matrix

since the latter case would infer a decrease in Tg of the polymer due to plasticizing

effects.

Table 3.2: Thermal analysis of unfractionated and fractionated gefitinib-loaded PLGA microspheres

using DSC. Data are expressed as mean ± SD (n = 3).

Formulations Tg 1st run Tg 2nd run

(◦C) (◦C)

Unfractionated 34.2 ± 0.1 44.1 ± 0.7

MSP<20 µm 40.3 ± 0.2 43.2 ± 0.2

MSP20-50 µm 38.1 ± 0.1 44.2 ± 0.5

MSP50-100 µm 34.8 ± 0.3 42.3 ± 0.3

MSP>100 µm 34.3 ± 0.2 43.1 ± 0.5
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3.3.4 In vitro release of gefitinib from hydrogel embedded micro-
spheres

Microspheres were embedded in dextran-MA hydrogels to avoid their aggregation

during release experiments. Supplemental Figure S3.3 shows that gefitinib release

from such hydrogels was relatively fast and reached equilibrium after 1 hour, thus

demonstrating that Dextran-MA hydrogels will not affect the release profiles ob-

tained from the polymeric microparticles.

Size-fractionated microspheres showed remarkable differences in drug release be-

tween small microspheres and larger microspheres (Figure 3.4). Microspheres of

size-fractions A and B, i.e. <20 µm and 20-50 µm respectively, showed complete

release within one week, while larger microspheres showed slow release in the first

week (<20% cumulative release for fraction C (50-100 µm); <10% cumulative re-

lease for fraction D (>100 µm)). In contrast, these larger microspheres showed a

sigmoidal release profile that leveled off after the initial burst and accelerated from

day 30 until the end of the incubation at 3 months. Fitted parameters of the release

data are shown in Table 3.3 and represent non-linear sigmoidal regression analysis

according to equation 3.2. In the empirical model for sigmoidal drug release, as

mentioned in section 3.2.4, constants A and B represent the relative proportion of

drug release during phase I and phase II of the curves, T50 represents the time point

at which 50% of the drug has been released and time constants k1 and k2 reflect

the drug release rate during phase I and phase II. Microspheres of size-fraction D

showed an average release rate of 6.1%/day (B × k2) while size-fraction C dis-

played an average release rate of 7.2%/day in the later phases of the release study.

The mathematically reconstituted release curve for non-fractionated gefitinib mi-

crospheres -as calculated from the relative weight percentages of the fractions and

the individual release curves- matched very well with the observed release profile

of the unfractionated gefitinib microspheres. Since weight fractions C and D repre-

sented 66% of the total material, these larger microspheres largely determined the

sustained phase of the reconstituted release curve, while drug release in the first two
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weeks could be mainly attributed to the smaller size fractions. Moreover, our results

also demonstrate that burst release mainly originats from the smaller microspheres,

rather than rather than release of surface bound drug from all microparticles.

Figure 3.4: In vitro release of gefitinib loaded PLGA microspheres. A: Closed black circles represent

the unfractionated microspheres, green hexagons and pink diamonds represent smaller size fractions

A (< 20 µm) and B (20-50 µm); blue triangles and red circles represent larger microspheres 50-100

µm and >100 µm gefitinib-loaded PLGA microspheres. The lines drawn represent linear or non-linear

regression fit according to Equation 3.1 and 3.2. The purple dotted line represents the theoretical release

profile of the combined batches of < 20 µm, 20-50 µm, 50-100 µm and >100 µm gefitinib-loaded PLGA

microspheres (weight fractions as reported in Table 3.1) B: The zoom out of graph A for the early time

release. Data are expressed as mean ± SD (n=3).

Although one can expect slower drug release from larger microparticles due to the

increase in diffusion path lengths, the striking differences in release profiles overrule

a simple relationship solely based on diffusion behavior of gefitinib in the polymeric

matrix. Moreover, one would expect similarly shaped profiles when they had been

guided by the same release principle. It is therefore more likely that a complex

interplay of drug dissolution, drug and water diffusion and polymer degradation

affects drug release during the different phases of the release profiles.

3.3.5 Polymer degradation behavior

The gradual degradation of the PLGA microparticles upon in vitro incubation is

shown in Figure 3.5, either showing the number average molecular weight (Mn;
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Table 3.3: Non-linear sigmoidal regression analysis of release curves. Best-fit value of cumulative

release from gefitinib-loaded PLGA microspheres. Corresponding curves are shown in Figure 3.6.

Fitted Unfractionated Fraction A: Fraction B: Fraction C: Fraction D:

parameter Gefitinib MSP <20 µm 20-50 µm 50-100 µm >100 µm

A (% release) 29.60 53.32 43.26 19.38 12.75

k1 (day−1) 0.70 24.86 7.02 0.04 0.07

B (% release) 66.89 45.59 59.65 80.42 87.25

k2 (day−1) 0.06 9.21 4.13 0.09 0.06

T50 (day) 33.87 0.96 4.13 53.76 60.62

R2 0.9783 0.9929 0.9853 0.9822 0.9814

panel A) as determined by gel permeation chromatography, or the residual weight

of the microspheres (panel B). PLGA degradation is accelerated upon lowering of

the microclimate pH within the core of the microparticles [3, 33, 34]. The observed

faster degradation of larger microparticles thus can be explained by the autocatalytic

degradation of PLGA, in which the retention of acidic degradation within these larger

microspheres results in a more pronounced and faster cleavage of the ester bonds in

the polymer chains. Despite the observed slower degradation of the smaller size-

fractions, this did not affect the release profiles since these particles already have

lost most of the encapsulated drug before pronounced erosion starts.

Figure 3.5: Degradation of gefitinib-loaded PLGA microspheres with different sizes. (A) Changes in

the Mn (kDa) upon in vitro incubation, (B) Dry mass loss of the same samples.
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Figure 3.6: SEM micrographs of gefitinib-loaded PLGA microspheres upon in vitro incubation in buffer

of pH 7.4 and at 37 ◦C. The magnification is ×1200 for all images.

Erosion of the microspheres was also reflected by the SEM micrographs that were

collected during the first 4 weeks of the degradation study as shown in Figure 3.6.

Erosion of the microspheres was observed at 2 weeks incubation and increased with

increasing exposure time due to polymer degradation. Upon 4 weeks of incubation,

pores had formed on the coarse surface of the particles and bulk erosion had altered

the shape and surface of the particles.

Previous studies have reported a clear relationship between microparticle size and

drug release and degradation kinetics [13]. Our result are in good agreement with

the results obtained by Berkland et al. who found that monodisperse piroxicam-

loaded PLGA microspheres with smaller diameter (∼10 µm) exhibited diffusion-
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controlled drug release, while larger particles (50 µm and 100 µm) exhibited a

sigmoidal release profile [13]. Remarkably, the release window of our gefitinib-

loaded microspheres in the same size ranges (50-100 µm and >100 µm) was around

80 days, while the piroxicam microspheres exhibited complete release within 2

weeks. Plausible explanations for these differences are the much higher water

solubility of piroxicam versus gefitinib (around 1000-fold difference; 23 mg/ml and

27 µg/ml, respectively), and the lower PLGA molecular weight (13,000 vs 28,000

g/mol).

Apart from their size, the presently prepared microspheres differed in their drug-

loading content, which may also have contributed to differences in drug release

profiles between the size fractions. In a study with 5-fluorouracil-loaded PLGA

microspheres, higher drug loadings of larger microparticles correlated to a faster

drug release rate that was attributed to an increase in internal porosity upon drug

depletion [14]. In our study, however, larger microspheres showed slower drug

release, i.e. an inverse relationship between drug loading content and release rate.

Moreover, we observed a much longer release window for gefitinib microspheres

than was observed for 5-FU microspheres. A plausible explanation is the more

hydrophobic character of gefitinib that for instance can retard affect water influx

into the particles; as a consequence, drug dissolution will be more retarded at higher

drug loading content.

Another factor that can explain sigmoidal drug release profiles is the drug distribu-

tion within the microspheres. The aforementioned piroxicam PLGA microspheres

displayed a sigmoidal release profile and had a non-uniform drug distribution in

larger microspheres (50 µm), while small microspheres (10 µm) particles showed

uniform drug distribution and diffusion-like release profiles [17]. A non-uniform

drug distribution and sigmoidal release profiles were also reported for paclitaxel mi-

crospheres [35]. In our present research, the sigmoidal release profile of the bigger

microspheres (50-100 µm and >100 µm) and higher drug loading content may also

reflect non-uniform drug distribution in the microspheres.

52



Sansdrap et al. also found similar results as we observed for nifedipine microspheres.

The nifedipine microspheres with sizes of 18 µm and 80 µm had completely different

release behavior: the profiles obtained were almost linear after 1-day burst effect

for 18 µm and biphasic for 80 µm microspheres [36]. According to their swelling

data, water uptake by the 18 µm microspheres was much higher than for the 80

µm microspheres (170% swelling increase versus 125% in 3 days). The water

content in turn influenced the ability of active component to diffuse through the

matrix by increasing polymer permeability. In our study, the swelling rate can be

also different among the smaller and larger microspheres, which consequentially

affects the permeability of the polymer matrix and the drug release rate.
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3.4 Conclusions

The results of the present study demonstrate that polydisperse drug-loaded micro-

spheres differ in multiple aspects that influence drug release. Separating poly-

disperse microspheres into sieve fractions allowed us to demonstrate remarkable

differences in drug release mechanism between smaller and larger microparticles

from the same drug-polymer O/W emulsion, and also eliminated most of the initial

burst release. Thus, sieve-fractionating of polydisperse microspheres is a relative

simple and effective procedure to obtain drug-releasing microparticles with better

defined release properties, and allows for further tailoring when sieve fractions are

recombined to reconstitute the desired release profile.
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Supplementary Information

Figure S3.1 Particle size distribution of gefitinib-loaded PLGA microspheres with different size fractions.

(A) Unfractionated gefitinib PLGA microspheres and (B-E) size-fractionated gefitinib-loaded PLGA

microspheres: (B) <20 µm; (C) 20-50 µm; (D) 50-100 µm and (E) >100 µm.

A physical mixture of gefitinib free base crystals and PLGA (7% w/w gefitinib) was

analyzed by DSC. Melting of gefitinib crystals was clearly recorded at the Tm of

gefitinib; the calculated melting enthalpy of 8.7 J/g corresponded to the expected

weight fraction of gefitinib (6.7% of 150 J/g for pure gefitinib).

Dextran-MA hydrogel containing 5 mg of gefitinib free base crystals were casted

in a Slide-A-Lyzer MINI Dialysis Device similar as described for gefitinib micro-

spheres. Release experiments and detection of gefitinib was performed as described

in material and methods. Complete gefitinib release was observed after 1 h of

equilibration.
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Figure S3.2 DSC profile of physical mixture of gefitinib crystals (7% w/w) and PLGA.

Figure S3.3 Release curve of gefitinib from Dextran-MA gel.
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Abstract

One of the complications of bronchotracheal cancer is obstruction of the upper

airways. Local tumor resection in combination with an airway stent can suppress

intraluminal tumor (re)growth. We have investigated a novel drug-eluting sten-

t coating for local release of the anticancer drug gefitinib. A polyurethane (PU)

sandwich construct was prepared by a spray coating method in which gefitinib

was embedded between a PU support layer of 200 µm and a PU top layer of

50-200 µm. Gefitinib was either embedded in the construct as small crystals or

as gefitinib-loaded poly(lactic-co-glycolic acid) (PLGA) microspheres (MSP). The

drug was incorporated in the PU constructs with high recovery (83-93%), and the

spray coating procedure did not affect the morphologies of the embedded micro-

spheres as demonstrated by scanning electron microscopy (SEM), confocal laser

scanning microscopy and fluorescence microscopy analysis. PU constructs loaded

with gefitinib crystals released the drug for 7-21 days and showed diffusion based

release kinetics. Importantly the thickness of the PU layer controlled directional

release of the drug towards the support layer. PU constructs loaded with gefitinib

microspheres released the drug in a sustained manner for more than 6 months in-

dicating that drug release from the microspheres became the rate limiting step. In

conclusion, the sandwich structure of drug-loaded PLGA microspheres in PU coat-

ing is a promising coating for airway stents that release anticancer drugs locally

for a prolonged time.
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4.1 Introduction

Polyurethanes (PUs) are synthetic polymers that carry urethane (or carbothane)

bonds (-NH-COO-) in their chains [1], which represent an important category of

biomedical polymers [2]. Over the past 40 years, PUs have been used as biomaterials

(e.g. catheters and medical implants), as scaffolds for tissue engineering and as drug

delivery systems due to their excellent mechanical flexibility, tailorable properties

and good biocompatibility [3–5].

Stents are hollow devices that are inserted in an obstructed natural passage (such

as the coronary artery) to open and prevent its blockage [6, 7]. Since 1986, bare

metal stents (BMS) have been used to treat stenosis [8, 9], however, one of the most

common problems with these stents is neointimal proliferation (i.e., re-stenosis)

[10]. Therefore, drug-eluting stents (DES) that release antiproliferative compounds

(such as paclitaxel, sirolimus and its derivatives, etc.) which can prevent neointimal

hyperplasia have been developed [11–13].

Obstruction of the upper airways due to lung cancer can result in life threatening

and distressing breathlessness [14]. Stent insertion can be a lifesaving procedure

affording dramatic, emergent relief of acute respiratory distress from airway ob-

struction resulting extended survival [15, 16]. PU membrane generally has a high

tensile strength allowing them as a covering material for bronchotracheal stents

that are compressed inside an introducer tube with a minimum volume during the

delivery to the obstructed lumen [2, 17, 18]. Anti-cancer drugs loaded in PU poly-

meric coating of stents are locally released to inhibit the growth of the tumor while

simultaneously mimizing systemic drug exposure [19].

We now propose to load the anti-cancer drug gefitinib in the PU cover of a bron-

chotracheal stent. Gefitinib (Iressa, ZD1839) is a low molecular weight drug (struc-

ture shown in Figure 4.1) that competes with the binding of ATP to the intracel-

lular tyrosine kinase domain of epidermal growth factor receptor (EGFR), thereby

inhibiting receptor autophosphorylation and blocking downstream signal transduc-

tion [20, 21]. It has been approved for the treatment of EGFR-positive metastatic
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non-small cell lung cancer (NSCLC) [22].

Polymer-coated DES can either contain single or multiple layers [23, 24]. Appli-

cation of a single layer coating is most straight forward and technically easier to

integrate in a product design, but multiple layers have the benefit to more precisely

control drug release kinetics and direction. Lei et. al. prepared a series of poly(ε-

caprolactone) (PCL)-based multilayered films composed of a drug-free support layer

and an antitumor drug (5-fluorouracil) containing top layer. The support layer of

the construct blocks undesirable transport of the drug from the main drug layer

towards the lumen of physiological tubular structure, thus achieving unidirectional

drug release towards the tissue-contacting side of the stent [23].

In the present study, gefitinib particles were embedded between two PU films as

drug-eluting constructs that can be used as stent coating. The constructs were

prepared using a three-step method (as shown in Figure 4.2), either involving mi-

cronized drug crystals or drug loaded microparticles. It has been reported that

administration of medication via microspheres is advantageous because these sys-

tems can tailor the desired release profiles [25]. We characterized the drug loaded

coatings by investigating a variety of properties like morphology, gefitinib release

as well as the degradation behavior of the microspheres inside the PU constructs.

Figure 4.1: Chemical structure of gefitinib.

4.2 Materials and methods
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Figure 4.2: Schematic drawing of the three-step spray-coating procedure. First, a PU support layer is

sprayed and allowed to dry. Next, micronized drug particles or drug-loaded microspheres suspended in

fibrin hydrogel are applied. After drying of the hydrogel, a top layer of PU is sprayed onto the construct.

4.2.1 Materials

PLGA 5004A (acid terminated, lactide/glycolide molar ratio 50:50, IV=0.4 dl/g) was

obtained from Corbion Purac Biomaterials, the Netherlands. Gefitinib (free base,

>99%) was purchased from LC laboratories (Woodburn, MA, USA). Polyvinyl al-

cohol (PVA; MW 30-70,000 g/mol; 87-90% hydrolyzed), disodium hydrogen phos-

phate (Na2HPO4), and sodium azide (NaN3, BioUltra, ≥99.5%) were purchased

from Sigma Aldrich (Germany). Chloroform was purchased from AppliChem,

GmbH, Germany. Phosphate buffer saline (10 mM sodium phosphate, 140 mM

NaCl, pH 7.4) was purchased from Braun (Melsungen AG, Germany), whereas

dichloromethane (DCM) was purchased from Biosolve (Valkenwaard, the Nether-

lands). Medical grade carbothane PC-3575A (tradename Carbothane) was obtained

from Lubrizol, Belgium. Human fibrinogen (Mw = 341 kDa, lyophilized from 20

mM sodium citrate-HCl, pH 7.4, Calbiochem) was purchased from Merck Mil-
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lipore, and human thrombin and CaCl2 were purchased from Sigma Aldrich, the

Netherlands.

4.2.2 Preparation of gefitinib-loaded microspheres

Drug-loaded PLGA microspheres were prepared by a solvent evaporation tech-

nique as described previously [26]. PLGA 5004A (5.0 g) was dissolved in 10 ml

dichloromethane (DCM). A gefitinib stock solution with a concentration of 200

mg/ml was prepared by dissolving the drug in dimethyl sulfoxide (DMSO). Next,

2.5 ml of this gefitinib solution was added to the PLGA solution. The obtained

organic phase was added dropwise to a 2% PVA aqueous solution which was stirred

at a rate of 30,000 rpm using an IKA homogenizer (IKA Labortechnik Staufen,

Germany) for 6 minutes at room temperature. Next, the emulsion/suspension was

stirred overnight at room temperature using a magnetic stirrer (500 rpm) to extract

and evaporate DCM. Subsequently, the microspheres were collected by centrifuga-

tion (4,000 g for 3 minutes, Laboratory centrifuge, 4K15 Germany), washed three

times with 50 ml of distilled water, and lyophilized overnight. The obtained micro-

spheres were suspended in 10 ml of water and subsequently put on stacked sieves

(Nickel precision filters, Stork Veco BV, Eerbeek, the Netherlands) and then flushed

with distilled water under reduced pressure. Gefitinib-loaded PLGA microspheres

with sizes between 50-100 µm were obtained.

4.2.3 Preparation of PU coatings

4.2.3.1 Spray coating of the PU support layer

The PU support layer was fabricated using a spray coating method [27, 28] by a
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spraying device composed of a spraying unit of a nozzle (SATA Minijet 3000, SATA

GmbH & Co. KG. Kornwestheim, Germany), a chloroform resistant polyamide

hose (length = 120 cm), a syringe (50 ml, B. Braun Medical Inc., Germany) a

syringe pump (LA-100, Landgraaf Labor systeme HLL GmbH, Germany), a rotating

spindle (Φ = 22 mm, L = 20 cm) and a computer drive unit. The polymer solution

was prepared by dissolving 7.5 wt% PC-3575A Carbothane in chloroform in the

syringe, which was subsequently mounted on the syringe pump. The flow rate of

the carbothane solution was set at 2 ml/min. The spraying duration was 3.5 min

and the spraying air pressure was 0.8 bar. To achieve a uniform coating thickness,

the spraying nozzle moved along the length of the spindle (rate = 31 mm/s). The

spindle with the sprayed PU coating was then placed in an oven at 30 ◦C for two

hours to evaporate the chloroform.

4.2.3.2 Deposition of the gefitinib/gefitinib-loaded microspheres
on the PU support layer

Drug/drug-loaded microspheres were applied onto the support layer by means of an

in situ forming fibrin gel [29], to affirm their tight adherence onto the Carbothane

during the spraying process. Fibrin is commonly used in tissue engineering because

of its biocompatibility [30, 31].

Fibrinogen (90 mg) was dissolved in 3 ml Milli-Q water at 37 ◦C for 2 h and diluted

to obtain a 10 mg/ml stock solution. Next, gefitinib (7∼8 mg; average particle size

around 10 µm) or gefitinib-loaded PLGA microspheres (90∼100 mg, particle size

50-100 µm) were gently dispersed into 2 ml fibrinogen stock solution, mixed with a

thin steel wire to avoid air bubbles. The fibrinogen solution (containing gefitinib or

gefitinib-loaded PLGA microspheres) and the polymerization solution (Tris buffer

saline (TBS) containing 7.5 mM calcium chloride and 6 U/ml thrombin) were filled

separately in a double barrel syringe, and the solutions were subsequently applied

into thin stripings onto the PU support layer. Gelation started immediately and was
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complete after 45 min. The spindles with the PU constructs were oven dried for 2

hours at 30 ◦C.

4.2.3.3 Spray coating of the PU top layer

The spray coating procedure was the same as described in section 4.2.3.1. By

adjusting the duration of spray coating, PU top layers of different thicknesses were

prepared. The spindle with the complete PU constructs were oven dried for 4 hours

at 30 ◦C. The PU constructs were then cut from the spindle and weighed.

4.2.4 Characterization of the PU constructs

4.2.4.1 Drug loading in the microspheres and PU constructs

Drug loading in microspheres and PU constructs was determined by HPLC after ex-

traction with DMSO. Three milligrams of the gefitinib-loaded PLGA microspheres

were accurately weighed and dissolved in 10 ml DMSO. The concentration of gefi-

tinib in the DMSO solution was detected by HPLC as follows. The HPLC system

consisted of Waters Alliance (Waters Corporation, MA, USA) equipped with a

Waters 2695 solvent delivery module and a UV detector. Chromatographic data

were acquired by using empower software 2. Analysis was carried out at 254 nm

with Sunfire C18 column of 150 mm × 4.6 mm i.d., 5 µm dimensions (Waters) at

ambient temperature. The mobile phase consisted of acetonitrile: MeOH: water:

trifluoroacetic acid (0.3% w/v) at a ratio of 20:23:57 v/v/v that was set at a flow rate

of 1.0 ml/min and with an injection volume of 50 µl. Gefitinib standards (1-150

µg/ml dissolved in DMSO) were used for calibration.

To determine the drug loading in the PU constructs, around 40 mg of PU constructs

were immersed in 15 ml DMSO for 1, 2, or 3 days to extract the drug. The con-
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centration of gefitinib in the DMSO solution was detected by the aforementioned

HPLC method.

4.2.4.2 Residual solvent detection

Residual solvent of the PU constructs was determined by thermogravimetric analysis

(TGA 2950 manufactured by TA Instrument Inc.). The PU constructs were cut

into small rectangular pieces (3-10 mg) using a sharp razor blade. The samples

were subsequently transferred into a platinum sample pan and heated from room

temperature to 600 ◦C at a heating rate of 10 ◦C/min. The weight as function of

temperature was recorded during the experiment using Universal Analysis 2000 data

acquisition system. The content of residual solvent was calculated from the weight

loss between room temperature and 120 ◦C.

4.2.4.3 Morphologies of gefitinib-loaded PU constructs

The morphologies of the PU constructs were examined by scanning electron mi-

croscopy (SEM), confocal laser-scanning microscopy (CLSM) and conventional

fluorescence microscopy. Cross sections of the PU constructs (cut as small rect-

angle pieces (1 mm × 5 mm)) were covered by a fine platinum layer (6 nm) and

glued onto 12 mm diameter aluminium specimen stubs (Agar Scientific Ltd., Eng-

land) using double-side adhesive tape and analyzed by SEM (Phenom-World BV.

Eindhoven, the Netherlands). Gefitinib crystals were analyzed as control. The

thicknesses of the PU support and top layers were measured with the open source

program ImageJ (NIH).

The homogenous dispersion of PLGA microspheres within the PU constructs was

evaluated by CLSM (VK-9700, Keyence Corp.), with 0.1 nm resolution of vertical

and horizontal measurement range, respectively. The laser power was monitored

with a Gentec Electro-Optics SOLO 2 laser power meter. Microspheres were de-
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tected making use of the intrinsic fluorescence of Gefitinib. The excitation and

emission wavelengths of gefitinib were 265 nm and 337 nm, respectively [32].

Gefitinib-loaded PLGA microspheres and gefitinib micronized drug sandwiched in

the PU constructs were also visualized by intrinsic fluorescence of gefitinib using

a conventional fluorescence microscope (Keyence; BZ-9000) through DAPI filter.

Samples were cut into small rectangle pieces and observed under 20×magnification.

4.2.4.4 Mechanical properties of PU constructs

Uniaxial tensile tests of the different PU sandwich constructs were carried out

at room temperature using a Zwick biaxial testing machine (Zwick-Roell GmbH

Group) combined with a calibrated video extensometer. Rectangular specimens of

25 mm long and 5 mm wide were cut from the PU constructs. Samples were tensile

tested at a displacement rate of 10 mm/min using an initial gauge length of 10 mm.

4.2.5 In vitro drug release from gefitinib-loaded PU constructs

In vitro release of gefitinib release from the PU constructs was investigated by

incubating the samples at 37 ◦C in PBS containing 1% Tween 80 as incubation

buffer to ensure sink conditions for the release of gefitinib. The incubation buffer

also containing 0.05% sodium azide to prevent bacterial growth. Samples of around

50 mg PU constructs were transferred into 15 ml incubation and incubated at 37 ◦C

under constant shaking. Drug release was determined in 100 µl aliquots of release

medium (as described in section 4.2.4.1).

Cumulative gefitinib release from PU constructs was fitted (Graphpad Prism version

5) according to the (Korsmeyer-Peppas model: Q = (Mt /M) = Kmtn; [33]. Q or Mt /M

stands for fraction of drug released, t stands for the time since start of the release

experiment, Km is the release constant that includes structural properties of the drug

and structural and geometrical properties of the release construct, and n is release
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exponent which is indicative of drug release mechanism.

To investigate the release direction of PU constructs loaded with gefitinib micronized

drug were clamped in an in-house prepared diffusion cell system with two well-

stirred compartments separated by the PU constructs. The volumes of the compart-

ments were 4 ml each. The area of the PU films for the diffusion was 0.78 cm2. Both

compartments were filled with incubation buffer (PBS, pH 7.4, supplemented with

1% Tween 80 to maintain sink conditions for gefitinib). At indicated time points,

100 µl aliquots were collected from both compartments and replaced with the same

volume of incubation buffer. Gefitinib released in the buffer was determined by

HPLC as mentioned in section 4.2.4.1.

Morphologies of gefitinib-loaded PLGA microspheres within PU constructs were

analyzed by SEM (as described in section 4.2.4.3). Samples of around 40 mg

accurately weighed PU constructs were incubated at 37 ◦C under constant shaking.

At different time points, PU constructs were collected and washed twice with reverse

osmosis water. Afterwards, the samples were freeze dried for SEM detection.

4.3 Results and discussion

4.3.1 Sandwiched gefitinib/gefitinib-loaded PLGA microspheres
in PU constructs

Gefitinib-loaded PLGA microspheres were prepared by a solvent evaporation tech-

nique and subsequently fractionated by wet-sieving using standardized square mesh

sieves. Microspheres with size between 50-100 µm (gefitinib loading of 7.3%,

drug encapsulation efficiency 82%) were chosen for embedding inside the PU con-

structs. Gefitinib/gefitinib-loaded PLGA microspheres were sandwiched in the PU

constructs by a three-step method: firstly, a PU support layer was spray coated on

the spindle; secondly, gefitinib/gefitinib-loaded PLGA microspheres were attached
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to the support layer by fibrin gel; thirdly, a PU top layer was spray coated.

Table 4.1: Characteristics of the PU sandwich constructs used in this study.

Samples PU Top layer PU constructs

Drug/MSP Spray Spray PU Calculated Measured Constructs Constructs Calculated Drug

Deposit duration volume deposited Top PU thickness recovery1 weight LC2 recovery

(mg) (min) (ml) (mg) (mg/cm2 ) (µm) (%) (mg) (w/w %) (%)

Placebo3 - 2.0 4 480 3.5 - 98 1296 - -

Gefitinib deposited (G)

G1 7.9 - - - - - 98 883 0.79 ± 0.08 84 ± 2

G2 6.6 1.0 2 240 1.7 54 98 1065 0.54 ± 0.04 88 ± 3

G3 7.0 1.5 3 360 2.6 88 98 1180 0.52 ± 0.03 90 ± 1

G4 7.8 2.0 4 480 3.5 100 99 1308 0.50 ± 0.08 85 ± 2

G5 7.6 2.5 5 600 4.3 130 98 1414 0.49 ± 0.05 92 ± 3

G6 7.2 3.0 6 720 5.2 160 98 1533 0.43 ± 0.03 93 ± 1

G7 7.9 3.5 7 840 6.1 193 100 1656 0.41 ± 0.05 87 ± 2

Gefitinib-loaded PLGA microspheres deposited (GMSP)

GMSP1 - - - - - - 110 978 0.62 ± 0.05 83 ± 4

GMSP2 93.2 1.0 2 240 1.7 58 93 1059 0.55 ± 0.07 87 ± 3

GMSP3 105.5 1.5 3 360 2.6 91 94 1166 0.54 ± 0.03 85 ± 2

GMSP44 97.1 2.0 4 480 3.5 106 102 1299 0.49 ± 0.05 90 ± 2

GMSP5 90.5 2.5 5 600 4.3 128 110 1428 0.41 ± 0.04 92 ± 1

The density of the PU support layer is 6.1 mg/cm2, 840 mg/136 cm2. G1-G7 refer to the PU constructs containing

gefitinib micronized drug, GMSP1-GMSP5 refer to the PU constructs coating gefitinib-loaded PLGA microspheres. 1

Construct recoveries were calculated by dividing the mass of the final construct by the total weight of PU sprayed for

support and top layers and the weight of MSP + fibrin. 2 Gefitinib loading content (LC) refers to drug loading capacity

as weight percentage of the total constructs. 3 Placebo refers to the blank PU construct. 4 GMSP4 is the average data

of three repeated samples: GMSP4a, GMSP4b, and GMSP4c.

Table 4.1 summarizes the characteristics of the formulations used in the study. From

this table it is obvious that by adjusting the spray coating duration of the PU top

layer, the amount (spray coating duration × PU solution flow rate) of carbothane

coated on the spindle can be precisely controlled. The flow rate of the PU solution

sprayed was 2.0 ml/min. For all the samples, the PU support layers were prepared

by spray coating 3.5 min of the PU solution on the spindle (so 7 ml of the solution,

the theoretical PU deposited was 840 mg and the calculated support PU deposited on

the spindle was 6.1 mg/cm2). Porosity of similarly prepared drug-free PU constructs
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were around 79% [27]. The deposited PU of both support and top layer is not a closed

uniform layer of PU but a flexible non-woven polymeric material with interstrand

porosity. Differences in PU thicknesses will create materials with different tortuosity

of the channels between polymer strands. Such channels can fill with water and

hence can contribute to differences in drug dissolution (when considering water

influx into the PU) and drug diffusion (drug efflux).

For all the samples, the thicknesses of the PU support layers were around 200 µm.

By adjusting the spray duration (from 1.0-3.5 min), the thicknesses of the PU top

layers of the samples can be precisely controlled (54-193 µm). The recoveries

of the PU constructs, calculated as weight percentage of the sprayed amount of

PU and the dry mass of applied fibrin and drug, ranged from 93-110%. The drug

loading in samples of gefitinib/gefitinib-loaded PLGA microspheres incorporated

PU constructs were from 0.41-0.79% and 0.41-0.62%, respectively. And the drug

recoveries of gefitinib/gefitinib-loaded PLGA microspheres incorporated PU con-

structs were quite high, 85-93% and 83-92%, respectively. These data indicated

that during the PU constructs preparation procedure, fibrin gel can firmly attach the

gefitinib micronized drug or gefitinib-loaded PLGA microspheres on the PU support

layers, so even after continuously rotating of the spindle, most of the materials were

kept inside the constructs.

4.3.2 Residual solvent in PU constructs

The absence of residual solvents in the PU constructs was determined by thermo-

graphic analysis, i.e. by precisely measuring weight losses during heating of the

samples. For the PU constructs, only minimal weight losses were observed below

120 ◦C, i.e. at temperatures at which evaporation of chloroform and water would

result in a decrease for the total weight of the constructs. Weight losses were mainly

observed above 120 ◦C, due to decomposition of the materials used to build the

constructs (supplemental Figure S1).
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4.3.3 SEM analysis of gefitinib and gefitinib-loaded PLGA micro-
spheres embedded PU constructs

A critical concern of the system is that when spray coating the PU top layer, mi-

cronized gefitinib or gefitinib-loaded PLGA microspheres may partly dissolve in

residual chloroform present in the polymer strands. Such interactions between

PU and drug microparticles may affect drug eluting properties of the systems. In

addition to the detection of residual solvent in the PU constructs (section 4.3.2),

several methods were furthermore used to investigate the morphologies of gefitinib

micronized drug/gefitinib-loaded PLGA microspheres deposited PU constructs.

The typical SEM pictures of the gefitinib crystals (with average particle size of 10

µm measured by ImageJ), gefitinib deposited PU constructs and the PU support

layer and top layer thicknesses of all the gefitinib deposited PU constructs (samples

G1-G7) are shown in Figure 4.3. The upper-left corner picture Figure 4.3A shows

gefitinib crystals under the SEM microscopy, while gefitinib crystals deposited in

PU constructs without PU top layer (G1) and with the thickest PU top layer (G7)

are shown in Figure 4.3B and 4.3C. The gefitinib crystals sticking together formed

bigger pieces inside the PU constructs. In Figure 4.3B, the gefitinib crystals were

firmly attached on the PU support layer even without the PU top layer which indicat-

ed that the fibrin gel played a positive role in attaching micronized drug. The fibrin

gel structure cannot be observed under the SEM, since water inside the fibrin gel

has evaporated after oven drying. Thicknesses of the PU top layers were measured

by ImageJ analysis software and showed an increase in top-layer thicknesses along

with extension of the spray coating duration (Figure 4.3D).

Gefitinib-loaded PLGA microspheres were prepared by a solvent evaporation tech-

nique as described in section 4.2.2 and the particles with size range of 50-100 µm

were subsequently obtained through sieving. As shown in Figure 4.4A, the solvent

evaporation technique and the sieving procedure resulted in perfectly spherical par-

ticles with a smooth and non-porous surface. Figure 4.4B shows the morphology

of blank PU construct. Figure 4.4C shows the morphology of the sample GM4,
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Figure 4.3: SEM pictures of gefitinib crystals and gefitinib loaded PU constructs. (A): gefitinib mi-

cronized crystals; (B): PU construct G1 consisting of the PU support layer and gefitinib micronized

crystals without the PU top layer; (C): PU construct G7 consisting of gefitinib micronized drug sand-

wiched between PU support layer and PU top layer; (D): thicknesses of the PU support and top layers

of the gefitinib micronized drug sandwiched PU constructs were measured by software ImageJ and used

to calculate the average thickness of 10 different measurements. The magnification is the same for all

images (× 600).

which has a PU support layer of ∼200 µm and PU top layer of ∼80 µm. All the

other PU constructs which containing gefitinib-loaded PLGA microspheres (GM2,

GM3, and GM5) have similar morphologies as Figure 4.4C, the only difference is

the thickness of the PU top layer. For all the samples, gefitinib-loaded PLGA micro-

spheres can be clearly found in the PU constructs, the surfaces of the microspheres

were even and smooth after embedding in PU. It means that during the spray coat-

ing of the PU top layer, the chloroform was sufficiently evaporated before reaching
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Figure 4.4: Morphology of drug-loaded microspheres and PU constructs. (A): SEM pictures of gefitinib-

loaded PLGA microspheres (with size range of 50-100 µm); (B): blank PU construct; (C): PU construct

(sample GMSP4a) with gefitinib-loaded PLGA microspheres sandwiched between support and top PU

layer; (D) laser scanning picture of sample GMSP4a (D); fluorescence microscopy pictures of blank PU

construct (E) and sample GMSP4a (F).

the spindle and did not dissolve gefitinib-loaded PLGA microspheres or affect the

surface morphologies of the microspheres.

As shown in Figure 4.4D, the embedding of microspheres in the PU constructs can

also be observed clearly by confocal laser scanning microscopy (20×magnification)

which enabled the reconstruction of a larger segment of the PU construct than can

be observed by SEM photomicrographs. The distribution of gefitinib microspheres

within the PU was visualized by the autofluorescence of the gefitinib, which was

also used to detect gefitinib microspheres by conventional fluorescence microscopy

(Figure 4.4F). The blank PU construct was set as a negative control (Figure 4.4E).

4.3.4 Release of gefitinib from PU constructs

Gefitinib release was first studied from PU constructs loaded with gefitinib mi-
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cronized crystals. As shown in Figure 4.5A, sample G1, i.e. the sample without

top layer, had all the gefitinib dissolved immediately which can be explained by the

rapid dissolution of the drug exposed to the 15 ml of incubation medium. From

samples G2 to G7, the drug release rate from the PU constructs decreases steadily

with the increase of the thicknesses of the PU top layers.

Fitting of the release curves confirmed that gefitinib was released in a diffusion-

based mechanism with release constants that decreased from 22.8 to 4.1 µg/mm2/t1/2

(fitted by the Korsmeyer-Peppas equation in section 4.2.5, with n = 0.5). A plausible

explanation for the decrease in release rate is the increased tortuosity for water

channels between the deposited nonwoven PU material with increasing thicknesses

of the top layers.

Figure 4.5: Release rate of gefitinib from PU constructs loaded with micronized gefitinib with different

thickness of PU top layers (G1-G7). (A): Cumulative release plotted versus linear time scale. (B)

Cumulative gefitinib release plotted versus square root of time scale. Each sample was tested in duplicate.

For a drug-eluting stent coating, it makes sense that the drug has unidirectional

release behavior, which means ideally the drug releases only through the PU top

layer (to the tumor side of the bronchotracheal) but not the PU support layer (to the

lumen of the bronchotracheal). To detect the drug release direction of the constructs,

in-house prepared Franz-type diffusion cells were used (as shown in supplementary

data Figure S2)

We investigated the amounts of drug release from the two sides of the construct,

reflecting drug release via the PU top layer and the PU support layer respectively.

Profiles of drug release from different samples are shown in Figure 4.6. In case of

samples without the PU top layer (Figure 4.6A), the drug dissolved into the release
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Table 4.2: Release rates and correlation coefficients of drug release from PU constructs loaded with

micronized gefitinib.

Samples Release rate constants (µg/mm2/t1/2) Correlation coefficient (r)

(time in days)

G1 22.8 1.0000

G2 11.2 0.9945

G3 9.2 0.9981

G4 6.1 0.9985

G5 5.0 0.9938

G6 4.4 0.9934

G7 4.1 0.9962

Figure 4.6: Direction of drug release from PU constructs. Cumulative gefitinib release of PU constructs

was measured in separate diffusion compartments connected to top or support layer. (A-C): gefitinib

release from PU construct without top layer G1 (A), and from PU constructs different thicknesses of the

PU top layer (B, C); the red lines refer to the drug release through the PU top layer and the black lines

refer to the drug release through the PU support layer. (D): Relative gefitinib release via top and support

layers. Each sample was tested in duplicate.
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medium quickly (within 3 hours), and there was no drug release detected from the

PU support layer during the investigated period. Drug release from constructs G2

and G3 are shown in Figure 4.6B and C. The drug release from the PU top layer

exhibited a relatively high release rate during the investigated period (72% of drug

release from the PU top layer of G2 after 8 days and 59% of drug release from the

PU top layer of G3 after 12 days). In contrast, the drug release from the PU support

layer was slower (11% of drug release from the PU support layer of G2 after 8 days

and 21% of drug release from the PU support layer of G3 after 12 days). Figure 4.6D

shows the relative release rates of gefitinib in both compartments calculated from

the Korsmeyer-Peppas model. During the investigation period, the average rate of

drug release from the PU top layer were about 6 and 1.5 times higher than release

via the PU support layer into the bottom compartment. These results demonstrate

that the direction of drug transport is largely dependent on the relative thicknesses

of the PU layers in the sandwich constructs.

4.3.5 In vitro drug release of gefitinib from microspheres deposited
PU constructs

A pronounced extension of the release window was observed when gefitinib was

formulated in microspheres as shown in Figure 4.7A. Sustained gefitinib release

was observed for all PU constructs loaded with gefitinib microspheres for over 7

months. As reported previously, gefitinib was completely released from this type

of drug-loaded PLGA microspheres (50-100 µm) in 80 days in a sigmoidal release

profile that leveled off after the initial burst (<20% in the first week) and accelerated

from day 30 until the end of the incubation at 3 months [26]. Gefitinib release from

the microspheres deposited PU constructs showed a nearly linear release during the

investigation period of 7 months. Burst release was largely reduced for all the PU

constructs.

The slower and long-term sustained release observed from the PU constructs with
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Figure 4.7: Gefitinib release from PU constructs loaded with gefitinib-PLGA microspheres. (A): Cu-

mulative drug release from PU constructs GMSP1-GMSP5. Curves were fitted by non-linear regression

according to Korsmeyer-Peppas Equation (section 4.2.5). Data are expressed as mean ± SD (n = 3). (B):

Schematic representation of drug release from the PU constructs loaded with gefitinib microparticles.

gefitinib microspheres is most likely due to the additional diffusion layer surrounding

the microspheres, or due to retarded drug release or matrix erosion as discussed

in the next section. Fitting of the release curves by Korsmeyer-Peppas equation

yielded values for the release exponent from 0.79-0.95, indicative of non-fickian or

accelerated anomalous diffusion through the PU constructs.

When micronized drug was embedded directly in PU construct, drug release was

controlled by diffusion as the rate limiting process. However, when drugs was

81



first loaded in microspheres then embedded in PU constructs, drug release from

the microspheres became the rate limiting step. Several factors contribute to the

drug release from microspheres, such as influx of water and dissolution of the drug

within the PLGA microparticles and erosion of the PLGA matrix [26]. Embedding

of the particles within PU will furthermore change these parameters as will be shown

below.

Similar as the drug release through different thickness of the PU layers, the drug

release from the drug-loaded PLGA microspheres deposited inside PU constructs

had the following trend: the thicker the PU top layer is, the slower the drug release

from the construct. The schematic drawing of drug release from the PU constructs

can be found in Figure 4.7B. By controlling the thicknesses of PU layers, we can

adjust the drug release direction and rate from PU constructs, which can be applied

for reducing drug eluting to the bronchotracheal lumen side and correspondingly

increasing drug release to the tumor site and enhancing anti-tumor effect of the

stents.

Considering the unidirectional release of the drug for future stent coating, the coating

material GMSP1 seems the best option according to the release curves. However,

since such a material does not have a top layer that protects drug-loaded microspheres

from abrasion during the implantation process, coatings with an additional PU layer

that embeds the microparticles within the stent coating is preferred.

4.3.6 In vitro drug release of gefitinib from microspheres deposited
PU constructs

As aforementioned, the drug release from the gefitinib-loaded PLGA microspheres

deposited PU constructs was not only controlled by the drug diffusion from the

microspheres and PU films, but also the degradation of the microspheres. The

degradation behavior of the microspheres on top/inside of the PU films was studied

by SEM as shown in Figure 4.8.

82



Figure 4.8: In vitro degradation of gefitinib-PLGA microspheres embedded in PU constructs. SEM

pictures of materials incubated at 37 ◦C in incubation buffer for indicated time periods. (A): gefitinib-

loaded PLGA microspheres; (B): blank PU constructs; (C): GMSP1 construct, i.e. gefitinib-loaded

PLGA microspheres deposited on PU support layer without PU top layer; (D): GMSP4a construct in

which gefitinib-PLGA microspheres are embedded between support and top PU layer. Magnification is

the same for all images (× 600).

Compared to the bare PLGA microspheres which completely degraded in around 3

months, the degradation rate of the microspheres on top/inside of the PU films was

prolonged. After 2 months, nearly fully shaped microspheres can still be found in

the samples, and after 3 month, fusion of the microspheres was found. Degradation

of PLGA is governed by hydrolytic chain scission during which polymer chains are

cleaved into oligomers and, finally, monomers [34]. Since PU-embedded micro-

spheres are not in direct contact with the degradation medium, water first needs to

diffuse through the PU fleece, which can be a rate limiting step in the degradation

process when a closed PU coating is deposited on top of microspheres. It is difficult

to draw a simple conclusion which determinant is rate-limiting in the degradation

rate of the PLGA microspheres inside the PU constructs. The thickness of the PU

top layer, the water permeability of the PU films, can all play a role of prolonging

the degradation rate of the microspheres.
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4.3.7 Mechanical properties of the PU constructs

Bronchotracheal stent coatings need to have proper flexibility to resist the rigors of

compression and elongation required for deployment of the stent and subsequent

peristaltic movements in situ [35]. The tensible testing gives an indication of the

strength and elasticity of the coating. PU is an elastic and tear-resistant polymer.

However, drug-loaded PLGA microspheres deposited inside the PU constructs may

have impact on its mechanical properties. As shown in Figure 4.9, the PU constructs

deposited with gefitinib-loaded microspheres GMSP4 (average strain-stress data of

GMSP4a, GM4SPb, and GMSP4c) showed no significant differences compared

to blank PU constructs. These results indicate that incorporation of microspheres

(∼8% w/w) in the PU didn’t affect the mechanical property of the constructs. The

modulus of elasticity of the samples were ∼1 Mpa, which were quite low for all the

samples (rubber 0.01-0.1 Gpa) [36]. It means on average the PU constructs had a

low tensile strength, in another word, the samples had very high flexibility, which

makes them advantageous for stents coating.
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Figure 4.9: Mechanical properties of PU constructs. Strain-stress curves of the blank PU construct (A)

and GMSP4 (B). Average strain-stress curves were calculated from the curves of PU constructs GMSP4a,

GMSP4b, GMSP4c.
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4.4 Conclusions

Gefitinib can be successfully loaded in PU sandwich structure as both micronized

drug form and as gefitinib-loaded PLGA microspheres. Micronized drug from the

sandwich PU constructs release the drug in 1-3 weeks, while open structure gefitinib

(without the PU top layer) release all the drug in less than 1 day. Drug release profiles

can be either extended by addition of a top PU layer or by embedding the drug in

PLGA microspheres that are incorporated in the PU constructs.

Gefitinib release from the microspheres in PU constructs were controlled by both

erosion of the microspheres inside the PU constructs and diffusion of gefitinib. Since

the release rate of gefitinib from microspheres in PU constructs � free gefitinib

in PU constructs, the erosion of the microspheres is the rate controlling process.

The embedding of microspheres didn’t change the mechanical properties of the PU

constructs and the gefitinib/gefitinib-loaded PLGA microspheres incorporated PU

constructs are suitable for stent coating.
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Supplementary Information

Figure S4.1 TGA curve of the GMSP4a

Figure S4.2 Schematic drawing (A) and picture (B) of the in-house diffusion apparatus (modified Franz

diffusion cell) for studying release direction of gefitinib from PU constructs with different thicknesses

of the PU top layer.
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Abstract

The purpose of the present study was to develop gefitinib-loaded polymeric foams

that can be used as coating of drug-eluting stents for palliative treatment of bron-

chotracheal cancer. Release of such an anticancer drug from such stent coating

can retard tumor regrowth into the bronchial lumen. Gefitinib-loaded polyurethane

(PU) foams were prepared by embedding either gefitinib micronized crystals or

gefitinib-loaded poly(lactic-co-glycolic acid) microspheres in water-blown films,

with up to 10% w/w loading for gefitinib microcrystals and 15% w/w for gefitinib

microspheres (corresponding to 1.0% w/w drug loading). Drug-release studies

showed sustained release of gefitinib over a period of nine months, with higher ab-

solute release rates at higher drug loading content. By the end of the studied nine

month release periods, 60-100% of the loaded gefitinib had been released. Foams

loaded with gefitinib-PLGA microspheres at 15% w/w showed accelerated drug re-

lease after 4 months, coinciding with the degradation of PLGA microparticles in the

PU foam as demonstrated by scanning electron microscopy (SEM). When applied

on a nitinol braided bronchotrachial stent, PU coatings with gefitinib microspheres

showed similar mechanical properties as the drug-free PU coating, which indicated

that the loading of microspheres did not affect the mechnical properties of the PU

foams. In conclusion, we have fabricated drug-loaded PU foams that are suitable

for bronchotracheal stent coating.
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5.1 Introduction

Lung cancer, being the most prevalent malignancy in men and the 3rd most frequent

in women, has poor prognosis due to the advanced stage at the time of diagnosis [1].

About 20-30% of the patients with lung cancer will develop complications resulting

from airway obstruction and up to 40% of the lung cancer deaths may be attributed

to locoregional disease [2]. The gold standard treatment for airway obstruction is

surgical resection and re-establishment [3], based on tumor ablation and debulking

as palliative treatment [4]. Polymer coated stents are used as a supplement of

surgery to prevent tumor regrowth and restenosis of airways [5]. Polyurethane foams

generally have a large tensile strength with a very high deformation at break and are

particularly useful as covering material for stents which are compressed and flexed

during their implantation but also upon their placement in the bronchotracheal lumen

[6]. Importantly, polyurethane materials have good biocompatibility characteristics

which makes them suitable for either coatings or controlled drug release systems

[7–10].

In this study we aim to develop a drug-eluting stent coating for a bronchotracheal

stent. Gefitinib (chemical structure as shown in Figure 5.1) is an anticancer drug

that has good efficacy against pulmonary cancer, by virtue of its antiproliferative

activity against EGFR-overexpresssing tumor cells [11]. Gefitinib eluting from the

stent coating can suppress tumor regrowth into the bronchial lumen and hence can

prolong the time span during which airway stenosis is prevented. In the present

study, we now explored whether it is possible to load gefitinib in PU foams.

PU polymers are typically prepared by reacting diisocyanates with low-molecular-

weight polyol polymers in the presence of additives (catalysts, surfactants, etc.),

resulting in polymeric networks with high flexibility [12]. The use of tri- and higher

isocyanates in the polymerizing mixture results in formation of crosslinked polymer-

ic networks, while the presence of low amounts of water in the prepolymer solution

generates carbon dioxide that functions as blowing agent (Figure 5.1A) [13]. Anti-

cancer drugs can be added to the polymerizing isocyanate/polyol mixture to form
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the drug-loaded PU foam. However, an important drawback of such as approach

can be that the PU polymerization is influenced by the presence of the drug. Such

problems can either arise from chemical interference due to side-reactions of iso-

cyanate containing molecules with gefitinib at the secondary amine functionality of

the drug (Figure 5.1B). Therefore, in the present study, gefitinib was also incor-

porated in PU foams in the form of gefitinib-loaded poly(lactic-co-glycolic acid)

(PLGA) microspheres to prevent possible reactions between drug and isocyanate.

Such an approach furthermore offers opportunities to modulate drug release via the

properties of the polymeric microspheres, rather than to rely on micronized drug

crystals.

Figure 5.1: Chemical reactions in the formation of polyurethane. A: schematic representation of

polyurethane formation, the urethane bond is formed via the reaction of an isocyanate group with one

of the alcohol function groups in a polyol compound. Frequently applied isocyanates for the production

of commercial polyurethane are toluene diisocyanate, methylene diphenyl diisocyanate, hexamethylene

diisocyanate, etc. Frequently used polyols are polyetherpolyol, polyesterpolyol, etc. The blue and red

chains represent the hard and soft segment of PU, respectively. B: reaction of the isocyanate group with

water generates carbon dioxide which serve as blowing agent in PU resulting in gas-filled foam cells. The

formed amine group can react with another isocyanate group to yield a urea bond. C: Chemical structure

of gefitinib. D: potential side reaction between an isocyanate prepolymer and gefitinib. Reaction of an

isocyanate with a secondary amine results in urea derivatives.
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5.2 Materials and methods

5.2.1 Materials

Gefitinib (free base, >99%) was purchased from LC laboratories (Woodburn, MA,

USA). This is a micronized powder with an average particle size of 10 µm. Gefitinib-

PLGA microspheres were prepared according to a previously described method

(Chen et al., 2017b) and had a size of 50-100 µm and drug loading of 7.2%. PPT-

95A, a toluene diisocyanate polyol having 6,4-6,8 wt% -NCO groups and cross-

linker solution were provided by Vysera Biomedical Ltd. Phosphate buffered saline

(PBS, 10 mM sodium phosphate, 140 mM NaCl, pH 7.4) was purchased from

Braun (Melsungen AG, Germany), whereas dichloromethane (DCM) and acetoni-

trile were purchased from Biosolve (Valkenswaard, the Netherlands). Dimethyl sul-

foxide (DMSO) was purchased from Sigma Aldrich, Germany. Machine-braided

nitinol stents were kindly provided by ITA-Institut für Textiltechnik, RWTH Aachen

University.

5.2.2 Compatibility of gefitinib with the PU forming polymerzing
mixture

Potential reactivity of gefitinib with isocyanate groups of the diisocyanate polyol

was investigated by monitoring the disappearance of the NCO bond in mixtures

of drug/prepolymer by infrared spectroscopy (IR). IR measurements were carried

our at room temperature on a Bruker Tensoe-27 Fourier transform infrared (FT-IR)

spectrometer equipped with a deuterated triglycine sulfate detector. The sample

compartment was flushed with dry air to reduce interference of H2O. Spectra were

recorded using a horizontal attenuated total reflection accessory (FastIR, Harrick

Scientific Products) with a ZnSe crystal as the internal reflection element. The spec-
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tral resolution was 4 cm−1, and 50 scans were accumulated with medium apodization

for each spectrum.

PPT-95A prepolymer, blanc PU foam and gefitinib free base microcrystals were

first loaded in the compartment and analyzed by FT-IR. Subsequently, spectra were

recorded of PPT-95A (25 µmol) mixed with either gefitinib microcrystals (11 mg,

25 µmol), a gefitinib solution in DMSO (25 µmol, 100 mg/ml), or water (450 mg, 25

µmol). The mixtures were incubated for 2 h before recroding the infrared spectra.

DMSO was dried with molecular sieves (5Å) before use to remove the interference

of water.

5.2.3 Fabrication of gefitinib-loaded PU foams

PU foams was prepared using a one-pot procedure based on patents of Vysera

Biomedical Ltd. [14]. Gefitinib microcrystals or PLGA microspheres (blanc or

loaded with gefitinib) were dispersed in the crosslinker solution that contained sil-

icon surfactant, bismuth neodecanoate (BICAT) gelling catalyst, DABCO blowing

catalyst and diethanolamine branching agent (part A). The resulting dispersion was

mixed with diisocyanate prepolymer PPT-95A (part B) using a mechanical stirrer

at 600 rpm for 1 min. The mixture was poured into a mould (25 × 25 × 0.4 mm)

as shown in Figure 5.2 and kept at room temperature for 2 hours to allow PU foam

formation and hardening. Theoretical loading contents (% w/w) of gefitinib and

gefitinib-loaded polymeric microspheres are listed in Table 5.1.

5.2.4 Characterization of PU foams

5.2.4.1 Analysis of gefitinib content
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Figure 5.2: Schematic picture of the fabrication of PU foam loaded with gefitinib/gefitinib-PLGA mi-

crospheres.

Samples of gefitinib-loaded PU foams (approximately 40 mg, accurately weighed)

were immersed in 10 ml of DMSO and incubated at room temperature for 1-3 days to

extract drug from the polymeric material. Samples of the extract (50 µl) were anal-

ysed for gefitinib concentration using reversed phase HPLC (a C18 (4.6× 150 mm, 5

µm particle size; SunfireT M , Ireland), mobile phase of acetonitrile:methanol:water:

trifluoroacetic acid (20:23:57:0.3 v/v/v/v, complemented with TFA 0.3% w/v); flow

rate of 1.0 ml/min). Gefitinib standards (1-150 µg/ml dissolved in DMSO) were

used for calibration and detection was done a 254 nm.

5.2.4.2 Morphology of the PU foams

PU foams (with and without gefitinib microcrystals or gefitinib-loaded microspheres)

were cut into small pieces and glued onto 12 mm diameter aluminum sample holders

using conductive carbon paint (Agar scientific Ltd., England). Specimens were cov-

ered by a platinum layer (4 nm) under vacuum using an ion coater. Cross-section of

the samples as well as the surface morphology were examined by scanning electron
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microscopy (SEM, PhenomT M , FEI Company, the Netherlands).

Gefitinib distribution in PU foams was analyzed by fluorescence microscopy mak-

ing using of the autofluorescence of gefitinib (λ excitation = 265 nm and λ emission =

337 nm). The PU foam specimens were cleaned with destilled water, dried and

microscopically examined under an ordinary optical microscope and fluorescenc

microscope (Keyence; BZ-9000).

5.2.5 X-ray diffraction study

X-ray diffraction (XRD) was used to determine the crystallinity of gefitinib in the

PU foams. The X-ray diffraction patterns of gefitinib microcrystals, and PU foams

(blanc foam and foams loaded with gefitinib) were recorded using a Bruker-AXS

D8 ADVANCE diffractometer coupled with a VANTEC detector and a Ni filter.

The measurements were done using Co-Kα12 radiation (λ = 1.79026 Å) at ambient

conditions. Scans were performed between 10-75 degrees 2θ , using a step size

of 0.09 degrees 2θ and a scan speed of 2 seconds. Separate blanc patterns were

recorded to allow subtraction of air and capillary wall-scattering.

5.2.6 In vitro release of gefitinib from PU foams

In vitro release experiments were carried out in PBS buffer supplemented with 1%

Tween 80 to ensure sink conditions for released gefitinib. The release buffer also

contained 0.01% sodium azide to prevent bacterial growth. PU foams (sample size

approximately 80 mg, accurately weighed) were transferred into tubes containing

15 ml of the release buffer and incubated in a shaking water bath at 37 ◦C. At

different time points, 1 ml of the buffer was sampled and replaced with fresh buffer.

The concentration of gefitinib in the different samples was determined by HPLC as

described in section 5.2.4.1.

Cumulative gefitinib release was fitted (Graphpad Prism version 5) according to the
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(Korsmeyer-peppas model: Q = (Mt /M0) = Kmtn [15] in which Mt /M0 stands for the

cumulative fraction of released drug, t stands for the time since start of the release

experiment, Km is the release constant that includes structural properties of the drug

and structural and geometrical properties of the release construct, and n is release

exponent which is indicative of the drug release mechanism.

Morphologies of gefitinib-PLGA microspheres in the PU foams during degradation

process were analysed by SEM (as described in section 5.2.4.2). Specimens of

around 40 mg PU foams were transferred into 15 ml PBS buffer and incubated at 37
◦C in a water bath under constant shaking. At different time points, samples were

collected and washed twice with reverse osmosis water. After freeze-drying, the

morphologies of the PU foams were investigated.

5.2.7 Apply PU foams on stents

The stent coating technique developed by Vysera Ltd. is a type of compression

moulding technique in which the PU material is dispensed inside the mould and a

system of clamp applies a certain pressure. A dedicated mould with dimensions

matched to the dimensions of the machine-braided stents was used to prepare of PU

coated stent with coating thickness of 400 µm. Blanc PLGA microspheres were

embedded in the PU coating at a weight percentage of 5 and 15% via a similar

procedure as described above.

5.2.8 Stent radial force testing

Stents were subjected to a radial force test which was carried out using an 8-faced

crimping head (RCM-H60, MPT Europe) connected to a Zwick uniaxial testing

machine (Zwick 7025-3, Zwick, Ulm, Germany). Machine-braided stent coated

with blanc PU foam was compared to stents coated blanc PLGA microspheres

loaded PU foams.
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The stents were crimped from their free diameter (15 mm) to a constrained diameter

of 7.5 mm (100% crimped state) at rate of 0.06 mm/s at 37 ◦C. After crimping, the

stents were allowed to expand to their original diameters at the same rate. Testing

a stent in this way mimics the loading it undergoes when inserted into a delivery

device (crimping step) and developed into an airway (expanding step).

5.3 Results and discussion

5.3.1 Compatibility of gefitinib with PU polymerization process

As shown in Figure 5.1D, isocyanates can potentially react with secondary amines,

yielding urea products. We therefore investigated the stability of diisocyanate pre-

polymer PPT-95A in the presence of solid gefitinib and gefitinib dissolved in DMSO.

Samples were studied by FT-IR spectroscopy by monitoring the disappearance of

the -NCO band at 2270 cm−1.

Figure 5.3A shows the reference FT-IR spectra of the PU prepolymer, PU foam that

had been formed by reacting the prepolymer with the crosslinker solution in absence

of gefitinib (see Method, section 5.2.3), gefitinib and DMSO. All typical transmis-

sion peaks have been indicated in the spectrum of the polyurethane prepolymer, such

as those notable at 3330-3360 cm−1 (NH), 2855-2955 cm−1 (CH2 and CH3), 1724

cm−1 (C=O), 1360 cm−1 (C-N), 1110 cm−1 (C-O-C). The strong absorbance at 2270

cm−1 (NCO) was used to monitor the disappearance of isocyanate groups in the PU

prepolymer upon reaction with a small amount of water (equimolar to the amount

of isocyanate groups) for 2 h (Figure 5.3B upper two spectra). Clearly, reaction

with water resulted in complete disappearance of the isocyanate groups. Addition

of gefitinib microcrystals, under conditions similar to the PU foam process, did

not result in consumption of isocyanates of the prepolymer. A solution of gefitinib

in DMSO, however, largely consumed the reactive groups in PPT-95A (only 15%
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Figure 5.3: FT-IR spectra of PU prepolymer in presence of gefitinib. A: reference FT-IR spectra of PU

prepolymer, fully reacted PU foam, gefitinib and DMSO. B: FT-IR spectra of dedicated reactions of PU

prepolymer with water, gefitinib microcrystals, and gefitinib dissolved in DMSO. Reactants were added

at a 1:1 molar ratio to isocyanate groups and incubated for 2 hours with the prepolymer.

left). This experiments confirms that isocyanate groups can react with secondary

amines like gefitinib, but such a reactivity however is only observed with dissolved

gefitinib. A plausible explanation for the difference between the two experiments

with gefitinib is the poor solubility of the drug in the liquid prepolymer.

5.3.2 Preparation and characterization of gefitinib-loaded PU foam-
s

5.3.2.1 Loading of gefitinib in PU foams

Gefitinib/gefitinib-PLGA microspheres were loaded in PU foams via a water blown

procedure as described in section 5.2.2. The drug loadings in the PU foams were
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measured by HPLC (see section 5.2.3.1.)

Table 5.1: Characteristicss of gefitinib loaded PU foams (n=3).

Formulations Loading capacity (wt%) Drug recovery (%)

Gefitinib incorporated PUge f itinib

PU0.4%ge f itinib 0.31 ± 0.03 86.1 ± 0.4

PU1.1%ge f itinib 1.02 ± 0.03 94.4 ± 0.5

PU2.0%ge f itinib 1.75 ± 0.07 87.5 ± 0.3

PU5.0%ge f itinib 4.95 ± 0.55 99.0 ± 0.2

PU10.0%ge f itinib 9.88 ± 0.03 98.8 ± 0.6

Gefitinib-PLGA microspheres incorporated PUge f itinibMSP

PU5%ge f itinibMSP 0.32 ± 0.02 88.9 ± 0.3

PU15%ge f itinibMSP 1.00 ± 0.04 92.6 ± 0.5

Table 5.1 summarizes the drug loading of the foams used in this study. High

recoveries from 86-99% were found for each loaded PU after extraction of with

DMSO. For gefitinib-PLGA microspheres incorporated PU foams, drug loadings

were found of 0.32% and 1.00%, corresponding to recoveries of 89% and 93% of

the loaded PLGA microspheres, respectively. The high drug recoveries indicate

good drug extraction from the PU foam by soaking the material in DMSO, and

indicate that the drug is primarily entrapped in its parental form. Extensive cross-

reactivity with the isocyanate prepolymer is therefore unlikely, although such side-

reactions cannot be excluded solely based on the found recoveries which are high

but not complete. Another argument that makes it unlikely that gefitinib has reacted

with the prepolymer is that similar recoveries were found after embedding of drug

microcrystals and gefitinib-loaded polymeric microspheres, which protect the drug

from interacting with the isocyanate groups.
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5.3.2.2 Morphology of PU foams loaded with gefitinib/gefitinib-
PLGA microspheres

Figure 5.4 shows the morphology of PU foams (with or without gefitinib/gefitinib-

PLGA microspheres) as determined by SEM and fluorescence microscopy analysis

of cross-sectioned materials. Many micrometer-sized foam cells can be observed in

the cross sections indicating a typical closed-cell structure of the PU foams (Figure

5.4A and 5.4B). No apparent differences could be observed between blanc PU foam

and PU foams loaded with gefitinib microcrystals, indicating that drug loading did

not affect polymerisation and foam cell processes. Specimens of other drug loadings

showed similar morphologies (data not shown, only the sample with PU10%ge f itinib

is shown in Figure 5.4B). Embedding of drug-loaded PLGA microspheres in PU

foam resulted in a material in which larger round structures could be observed in

both SEM and fluorescence microscopy (Figure 5.4C and Figure 5.4F) polymeric

microspheres. The size of these structures corresponds to the size of the embedded

polymeric microspheres, while the observed fluorescence indicates that these are

polymeric microspheres with high concentrations of embedded gefitinib.

5.3.2.3 XRD analysis of gefitinib crystallinity in PU foams

The physical state of gefitinib incorporated in the PU foams was studied by XRD

crystallography, along with analysis of blanc PU foam and gefitinib microcrystals as

reference material (Figure 5.5). Gefitinib is highly crystalline and exhibited intense

diffraction peaks at 18.6◦, 19.2◦, 24.2◦, 26.2◦ and 26.4◦ as also reported by Lee et al.

[16]. PU foam showed no diffraction peaks which is in agreement with expectations

that this polymeric material is fully amorphous. Gefitinib loaded PU foams with

drug contents of 5 and 10% showed peaks indicative for the presence of crystalline

drug, while drug loading content below 5% did not show diffraction peaks, but

this may be related to the detection limit of the technique. Previous studies have
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Figure 5.4: SEM pictures with magnification × 600 of the cross-section blank PU foam (A), and PU

foams loaded with 10% gefitinib (B) and 15% gefitinib-PLGA microspheres (C). (D)-(F): Corresponding

fluorescence microscopy pictures of the samples of blanc PU, gefitinib and gefitinib-PLGA microspheres

loaded PU foams (DAPI filter, × 4 magnification of D and E, × 20 magnification of F).

shown that gefitinib is embedded as amorphous drug in PLGA microspheres [17],

and hence it is likely that PU foams loaded with such microspheres also contain

gefitinib in the amorphous state.

5.3.3 In vitro release of gefitinib from PU foams

Gefitinib release curves of different drug-loaded PU foams are shown in Figure

5.6. When focusing at the release profiles of the PU foams loaded with micronized

crystals of gefitinib (Figure 5.6A and 5.6B), it can be concluded that the drug

was released in a diffusion mechanism based manner (% release is proportional

to the square root of time). Fitting of the curves by the Korsmeyer-Peppas model

provided release constant that increased from 3.58 to 6.67%/day1/2 for materials

with increasing drug loading (from 0.4 to 10%) (Table 5.2), and release exponents

of 0.5 (Table 5.3) indicative of a diffusion-based mechanism of release. Several

mechanisms can account for the increment in relative release rates at increasing
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Figure 5.5: X-ray diffraction patterns of gefitinib, blank PU foam, and foams with different loadings of

drug.

drug loading, such as faster water influx and hence faster dissolution at higher drug

loading (due to osmotic effects) or connectivity of drug-loaded particles within the

PU foam cell structure which forms a stronger barrier for diffusion than drug-loaded

areas [18].
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Figure 5.6: Release curves of PU foams loaded with micronized gefitinib and PU foams loaded with

gefitinib-PLGA microspheres. Cumulative release of gefitinib from PU foams loaded with micronized

gefitinib, either plotted on a linear time scale (A), or plotted on a square root of time scale (B). Cumulative

release of gefitinib from PU foams loaded with gefitinib-PLGA microspheres (C), release curve plotted

on a linear time scale (D) from 0-112 day, or plotted on a square root of time scale (E) from 112-270 day.

Table 5.2: Release rates and correlation coefficients of drug release from PU foams loaded with mi-

cronized gefitinib. (Release exponent n = 0.5)

Samples Release rate Correlation

(%/day1/2) coefficient (r)

PU0.4%ge f itinib 3.58 0.9858

PU1.1%ge f itinib 3.77 0.9910

PU2.0%ge f itinib 4.75 0.9850

PU5.0%ge f itinib 5.84 0.9812

PU10.0%ge f itinib 6.67 0.9934

Figure 5.6C shows that PU foams loaded with gefitinib-PLGA microspheres re-

leased the drug initially in a linear (zero-order) manner for approximately 3 months

with a release constant of 0.19 and 0.30%/day for PU5%ge f itinibMSP and PU15%ge f itinibMSP,

respectively. The initial phase was followed by an accelerated release phase which

subsequently decreased until the end of the 8 months release experiment. Pre-
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Table 5.3: Release rates and correlation coefficients of drug release from PU foams loaded with gefitinib-

PLGA microspheres.

Samples Zero-order model Korsmeyer-Peppas model

(0-112 d) (112-270 d)

Release Correlation Release Correlation

rate coefficient rate coefficient

(%/day) (r) (%/day1/2) (r)

PU5%ge f MSP 0.19 0.9875 9.72 0.9937

PU15%ge f MSP 0.30 0.9920 10.75 0.9736

viously, performed release studies with this type of 50-100 µm gefitinib-PLGA

microspheres showed sigmodal release profiles, with almost complete release and

erosion of the microspheres in 80 days [17]. Moreover, embedding of the same type

of microspheres -which also have been used in the present study- in non-woven PU

fleece provided zero order drug release for 7 months, with release constants ranging

from 1.9-0.2%/day depending on the PU coating thickness [19]. The release rates

for PU-foam embedded gefitinib-PLGA microspheres (approximately 0.25%/day

during first phase) are hence in the same order of magnitude as observed for the

thicker layer of PU fleece. Of note, the types of PU polymers used in both coat-

ings are quite different, not only physically (foam vs fleece) but also chemically

(commercially available Carbothane was used for PU fleeces, while PU foams were

formed from prepolymers as described above). Moreover, also the strategies for

embedding are quite different, since drug-PLGA microspheres had been embedded

by a sandwich approach between two layers of non-woven PU fleece. Nevertheless,

quite comparable release rates were found for both stent coatings. It seems likely

that the accelerated release observed after 4 months (see Figure 5.6C) coincided

with erosion of the microparticles, in line with their complete erosion after 80 days

when incubated in buffer at 37 ◦C [17]. Such an erosion process would eventually
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result in the presence of low-molecular weight PLGA acidic degradation products

within the PU foam, which may help in solubilizing gefitinib, whose water solubility

is pH-dependent [20]. Hence, one can expect faster release due to increased solu-

bility of the drug, and maybe a plasticizing effect of water or lactic acid degradation

products.

Figure 5.7: SEM pictures of gefitinib-PLGA microspheres loaded in PU foams. The magnification is

the same for all images (× 600). Microspheres are been circled.

To confirm that accelerated release was related to erosion of the microspheres in the

PU foams, we investigated their morphologies by SEM upon different incubation

times in release buffer at 37 ◦C. Figure 5.7 shows that round structures most likely

corresponding to microspheres could still be observed after 3 months. However,

after 4 months, these round structures were almost disappeared, and instead pores

or small irregularly shaped-solids can be observed in PU foams, likely caused by the

erosion of microspheres. Since the microspheres loaded in the PU foams are not in

direct contact with water, it is likely that their erosion is retarded in comparison with

incubation in buffer. Such as retarded erosion was also observed for microspheres

embedded in the above discussed PU fleeces [19].

5.3.4 Stent radial force testing
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Embedding of drug microparticles or polymeric microspheres in PU coatings can

negatively influence the tensile properties of the coating material. We therefore

tested the radial force of a bronchotracheal stent that had been coated with PU foam

loaded with different amount of polymeric microspheres, i.e. 5% and 15% w/w.

Testing of drug-loaded coating was not feasible logistically, for risk of contaminating

the equipment with anti-cancer drug-loaded in the PU foams.

Figure 5.8A shows the image of a machine-braided stent coated with PU foam. As

can be observed, the molding process assured a perfect adhesion between the PU

and the nitinol stent. Stents coated with PU foams loaded with either 5 or 15% w/w

PLGA microspheres had a similar appearance (data not shown). Figure 5.8B-D

show that crimping and expansion curved of all three types of PU coated stents

matched well. As can be observed, crimping of the stent from a diameter of 16

mm down to 7.5 mm outer diameter resulted in radial force of 60-70 N for all the

PU coated stents, while expansion resulted in complete relaxation to the original

non-crimping dimensions. This cycle was repeated three times for each stent. At 12

mm deployed state, all stents exerted an outward radial force of 10 N. The reported

dimensions of the stents at 7.5 and 12 mm represent the maximally crimped state

in an application device for bronchoscope assisted placement, and the dimensions

of the stent after its placement in the bronchotracheal lumen. A small outward

radial force was needed for proper retention of the stent at its intended implantation

site. The currently observed radial force is similar to the chronic outward forces of

commercially available airway stents (11-20 N) [21]. We therefore conclude that

PU foam coating with solid materials such as polymeric microspheres up to 15%

did not adversely affect their mechanical properties.
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Figure 5.8: Picture of PU-foam coated machine-braided stent (A). Radial force curves of blanc PU

foam coated machine-braided stent (B) and PU coated stents with 5% (C) or 15% (D) w/w loading of

blanc PLGA microspheres. The upper lines refer to the crimping cycles and the lower lines refer to the

expansion cycles, the cycle was triplicated.
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5.4 Conclusions

Gefitinib was successfully loaded in PU foams either as micronized drug or as

gefitinib-PLGA microspheres. Drug-loaded PU foams exerted sustained drug re-

lease over a time period of 9 months in a diffusion and in case of PLGA micro-

spheres erosion based release mechanism. Initial experiments with coated stents

suggest that the developed PU drug-eluting materials are suitable as stent coating

for bronchotracheal stents.
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Abstract

Clinical evaluations have proven the efficacy of drug-elution stents (DES) in reduc-

tion of in-stent restenosis rates as compared to drug-free bare metal stents (BMS).

Typically, DES are metal stents that are covered with a polymer film loaded with

anti-inflammatory or antiproliferative drugs that are released a sustained manner.

However, although favorable effects of the released drugs have been observed, the

polymer coating as such has been associated with several adverse clinical effects,

such as late stent thrombosis. Elimination of the polymeric carrier of DES may

therefore potentially lead to safer DES. Several technologies have been developed

to design polymer-free DES, such as the use of microporous stents and inorganic

coatings that can be drug loaded. Several drugs, including sirolimus, tacrolimus

paclitaxel and probucol have been used in the design of carrier free stents. Due

to the function of the polymeric coating to control the release kinetics of a drug,

polymer-free stents are expected to have a faster drug elution rate, which may affect

the therapeutic efficacy. However, several polymer-free stents have shown similar

efficacy and safety as the first-generation DES although the superiority of polymer-

free DES have not been established in clinical trials.
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6.1 Introduction

Stents are hollow devices that are inserted in an obstructed natural passage (such

as the coronary artery) to open and prevent blockage of the passage [1]. The most

basic stents are bare metal stents, which can be assembled from a range of metals

such as stainless steel (316L), a cobalt chromium alloy, nickel-titanium alloy, etc

[2, 3]. One of the most common problems with bare metal stents in the vascular

system is neointimal hyperplasia, which subsequently results in a redevelopment of

arterial blockage and obstructed flow, an event also known as in-stent restenosis.

Restenosis can be counteracted by systemically administered anti-proliferative or

immunosuppressant drugs. Local release of these drugs can be achieved by drug

eluting stents in which drugs are incorporated in a polymer coating that is deposited

on the metal stent [2, 4].

It has been suggested that the polymeric coating of drug-eluting stents provokes a

cascade of cellular and biochemical events that cause pathophysiological processes

such as release of cytokines which trigger the proliferation of smooth muscle cells,

block the endothelization of the nearby tissue, and induce other side-effects such

as late and very late thrombosis [5]. To combat the risk of thrombosis, at least 1

year anti-platelet treatment is often prescribed after implantation of vascular stents

since most episodes of stents thrombosis occur within this period [6]. However,

up to now, the relation between the polymer carrier of the DES and thrombosis

remains controversial. A meta-analysis of randomized clinical trials by Bavry et

al., showed that the incidence of early thrombosis within 30 days was 4.4 events

per 1000 patients with a polymer-based DES compared with 5.0 events per 1000

patient that received a bare metal stent (P = 0.74). The incidence of late thrombosis

more than 30 days after the procedure was 5.0 events per 1000 polymer-based DES

patients compared to 2.8 events per 1000 bare metal stent patients (P = 0.22). Thus

no significant differences between polymer-based DES and bare metal stent and

early/late thrombosis are present [7]. Giessen et al., tested 5 different biodegrad-

able polymers (polyglycolic acid/polylactic acid [PLGA], polycaprolactone [PCL],
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polyhydroxybutyrate valerate [PHBV], polyorthoester [POE], and polyethyleneox-

ide/polybutylene terephthalate [PEO/PBTP]) and three nonbiodegradable polymers

(polyurethane [PUR], silicone [SIL], and polyethylene terephthalate [PETP]) as s-

tent coatings which were implanted in porcine coronary arteries. After 4 weeks,

both biodegradable and nonbiodegradable polymers induced a marked inflamma-

tory reaction within the coronary artery with subsequent neointimal thickening [8].

There are however two limitations of this study. Firstly, this 4 week study can just

show early thrombosis, while polymer coatings are normally associated with late

thrombosis (>30 days after stent implantation). Secondly, in this study no bare metal

stent group was included.

The first generation polymer coated DES were the Taxus stent which consists of a

metal stent coated with the non-degradable copolymer poly(styrene-b-isobutylene-

b-styrene) (SIBS) loaded with paclitaxel, and the Cypher stent which consists of

a metal stent coated with a thin film of a blend of two non-degradable polymers,

namely poly(ethylene -co-vinyl acetate) (PEVA) and poly(n-butyl methacrylate)

(PBMA) loaded with sirolimus [9]. Figure 6.1 shows the chemical structures of the

polymers used in DES. Compared to bare metal stents, the first-generation DES were

superior in reducing neointimal proliferation and restenosis. Second generation

DES combined promising anti-restenotic efficacy with improved long-term safety

[10, 11]. They are composed of a cobalt-chromium platform, which exhibits superior

radial strength and improved radio-opacity as compared to the 316 stainless steel

used in the first generation stents, allowing for thinner stent struts that act themselves

in favor of a lower restenosis rate. These second generation DES utilized advanced

polymers such as phosphorylcholine (PC) and a copolymer poly(vinylidene fluoride-

co-hexafluoropropylene) (PVDF-HFP), which are non-biodegradable, similar to the

coatings used in first generation DES. In general, these coatings performed well in

facilitating drug release [9]. However, the non-degradable polymers induced local

hypersensitivity, inflammatory response and delayed strut endotheliazation which

are the triggers for acute and late stent thrombosis. This prompted the exploration
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of other stent-coating materials such as biodegradable polymers like poly-lactic

acid (PLA) and poly-lactide-co-glycolide acid (PLGA) that can control drug release

and meanwhile avoid adverse pathologic effects [12]. After degradation of these

polymeric coatings, a bare metal stent remains in the passages, which however may

induce restenosis. Biodegradable polymers like poly-lactic acid (PLA) can even

be used to design a fully biodegradable drug eluting stent, i.e. without a metal

supporting structure. The evident advantage of these biodegradable stents is the

decreased long-term side-effects, but such stents often display inferior strength and

elasticity[12].

Another option is completely abandon the use of polymers or other carriers on stents

and develop polymer-free DES, based on a bare metal core [13]. The development

of polymer-free DES started 14 years ago, and such stents so far have only been

developed for vascular applications. This is mainly because in clinical practice the

majority of DES is implanted for in obstructed blood vessels. Polymers used in

DES have multiple functions including stabilizing the drug, binding the drug to the

stent and slowing down the drug elution rate, etc. [14]. Hence the main challenge

for the development of polymer-free DES is to preserve these functions and at the

same time maintain or even improve the biocompatibility. This review will describe

various techniques and drugs that are being used for the design of polymer-free DES

that have been marketed or that are still under development. We will discuss their

drug-release profiles, as well as preclinical and clinical results reported for polymer

free DES.

6.2 Coating technologies

Both physical and chemical methods have been used to develop polymer-free DES,

as shown in Figure 6.2. This figure shows that the stents can be modified by

creating pores and reservoirs or by coating the stent with a porous inorganic material.

These modifications have their own advantages and disadvantages, and besides
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Figure 6.1: Chemical structures of the polymers used in the DES.

improving the duration of drug elution from the stent they may also adversely affect

the mechanical integrity of the stent backbone [15].

6.2.1 Direct coating

Dipping the stent in a drug solution followed by evaporation of the solvent is the

most basic technique to coat a drug on the metal surface of a stent. The main

disadvantages of this technique are the limited drug loading on the stent, rapid drug

elution and drug loss during implantation. However, for the antiproliverative drug

paclitaxel this technique has been shown to be a valid approach because paclitaxel

has strong adhesion onto the metal surface likely due to the formation of hydrogen

bonds with metal oxides on the surface of the stent [16]. In addition, paclitaxel has a

very low aqueous solubility which also might contribute to the slow elution kinetics

of the drug from the stent. In general polymer free DES can only be developed

with drugs with an (extremely) low solubility, since without the polymer carrier,
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Figure 6.2: Schematic representation of the techniques used to manufacture polymer-free DES. Blue:

The incorporated drug. Grey: The metal backbone of the stent. Yellow: the self-assembled monolayers

(SAM) used to chemically attach the drug to the stent. Red: vessel lumen. Pink: vessel wall.

hydrophilic drugs will release too rapidly from the stent resulting in short mode of

action. This characteristic of strong adhesion to metal can be exploited to create

metal stents coated with high loadings of paclitaxel. Cook Inc. has developed a

stent with paclitaxel coating of 300 µg/cm2, which is 3-fold higher as compared

to the commercially available TAXUS stent (100 µg/cm2) [17]. Several of such

dip-coated polymer-free stents are now in further development, such as the V-flex

Plus stent and the Achieve stent [18].

6.2.2 Crystallization of the drug

The direct coating of the drug from a solvent on the stent will result in an amorphous

or partially crystalline drug layer depending on type of drug, type of solvent and

evaporation rate of the solvent. In general, the dissolution rate of a crystalline drug

is slower than from its amorphous phase. This feature can be exploited to control

the drug release profile. Chemical stability of a crystallized drug is also superior
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to its amorphous form since a drug in amorphous phase is in a metastable state

with a higher energetic level. Therefore, to increase the chemical stability of a drug

coated on stents and at the same time prolong the release time, fully crystalline drugs

have been coated on stents [19, 20]. The two main techniques to develop a fully

crystalline drug coating on a stent are the microdrop spray crystallization process and

the direct crystallization on the stents using a temperature induced process [20, 21].

The microdrop spray crystallization technology is patented by MINVASYS and has

so far lead to the development of the Nile Pax and the Amazonia Pax stents [22].

Another method to crystallize sirolimus has been developed by Levy et al. [21].

On a Co-Cr alloy stent a thin seeding layer of sirolimus crystals was coated after

which large crystals were grown by dipping the seeded stents into a supersaturated

sirolimus solution [20].

6.2.3 Nano- and microporous surfaces

Creating micro or nanopores in the surface layer of a stent allows a higher drug

loading capacity of the stent. Furthermore, the porous structure retards the release

of the drug, due to longer diffusion distances [23, 24]. Micro and nanopores as

well as other textured rough surfaces can be created by several techniques such

as sandblasting and mechanical modification [24, 25]. The pores, ranging from 1

nm to 100 µm in size, serve as a reservoir for the drugs and drug loadings up to

500 µg/mm2 can be achieved [26]. The microporous surface of the stent will also

induce its endothelization and can therefore reduce neointima formation [26, 27].

Polymer-free stents with microporous surfaces showed equal drug loadings as stents

coated with polymers [28–30].

6.2.4 Inorganic porous coating

Similar to the previously mentioned surface-porous stents (section 6.2.3), stents
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with a biocompatible thin porous inorganic coating can be designed with microp-

ores or even nanopores. But instead of etching the metal stent, the pores are created

in an inorganic coating. An important advantage of this type of stents is the re-

duction in release of metal ions, which may induce activation of blood platelets

resulting in thrombogenicity of the stent [31, 32]. The degradation products of

some biodegradable polymers, like acids, as well as initiators, and catalysts present

in these polymer coating have been associated with tissue inflammation during the

degradation process and may thus cause stent thrombosis [32]. Further, according

to a study of Finn, et al., the non-degradable coatings of Cypher and Taxux stents

provoke eosinophilic/heterophilic infiltration of the arterial wall in rabbits. Detailed

analysis of the morphological changes showed a localized immune response, with

the presence of CD45-positive lymphocytes and eosinophils. Techniques such as

anodization have been described to form micro- or nano-porous inorganic coatings

[33]. A potential drawback of using an inorganic coating (like aluminum oxide) as a

drug reservoir is the possible release of aluminum oxide particle after implantation

[34].

6.2.5 Macroporous drug reservoirs

Besides nano- or micropores, macropores can also be used as drug reservoirs.

Macropores, or more commonly called reservoirs, can be created in a stent in the

form of grooves, holes or channels by mechanical treatment. The use of reservoirs

allows both single drug and multiple drug loadings [15]. Although reservoirs retard

the elution rate of the drug slightly due to a decreased surface area of the drug, sev-

eral other techniques can be used to further control the drug release. For instance,

the Janus stent and the Optima-Jet stent use a proprietary technique that coagulates

the drug, tacrolimus, in an abluminal reservoir [1, 35]. Another possible design is

connecting the reservoir to the exterior by nanopores which can control drug release

time and kinetics [36].
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6.2.6 Coating of nanoparticles

Another technique that can be used to design polymer-free DES is coating the stent

with a porous composite matrix based nanoparticles [34, 35]. Most commonly used

are magnetic silicon and carbon nanoparticles [36, 37]. As shown in Figure 6.3,

a thin layer of carbon nanotubes was first assembled onto the 316L-BMS stent as

the inner layer, and a magnetic mesoporous silica nanoparticles/carbon nanotubes

coating was deposited subsequently as the second layer [38]. Sirolimus was loaded

onto the stent by immersing the nanoparticles coated stent into a sirolimus-toluene

solution, next the stent was removed from the solution and dried. The high sur-

face area and pore volume of magnetic mesoporous silica nanoparticles (M-MSNs)

result in a higher adsorption of sirolimus. Carbon nanotubes possess a high aspec-

t ratio and good mechanical properties, which overcome the inherent mechanical

shortcomings of inorganic materials, such as poor flexibility [36]. An in vivo study

also revealed that this coated stent showed rapid endothelialization in comparison

with the commercial polymer-coated DES likely because of its 3D nanostructured

topology.

Figure 6.3: Schematic representation of nanoparticles loaded on the stent strut. Adapted from permission

from Wang, Y., Zhang, W., Zhang, J., Sun, W., Zhang, R., and Gu, H. (2013) Fabrication of a novel

polymer-free nanostructured drug-eluting coating for cardiovascular stents. ACS Appl. Mater. Interfaces

5, 10337-10345. Copyright 2013 American Chemical Society.
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6.2.7 Self-assembled monolayers

Stents can also be chemically modified by coating self-assembled monolayers (SAM-

s) on their metal surface. SAMs are long hydrocarbon chains with head groups such

as alkylthiols, alkylamines, alkanoic acids that can adhere to metal surfaces. SAM-

s can assemble on metal surfaces by a two-step deposition method: (a) solution

immersion and (b) dip-evaporation cycle [37]. Firstly, the stent was immersed in

either dodecylphosphonic acid (CH3(CH2)11PO(OH)2) or phosphoundecanoic acid

(COOH(CH2)10PO(OH)2) in dry THF. Subsequently the samples were transferred

to a furnace and heated at 120◦C for 18 h to evaporate the solvent. An in vitro ex-

periment showed that human aortic endothelial cells (HAECs) spread on the SAMs

surface with typical polygonal shape indicating that the stent surface is conductive

to endothelization [39]. So far the drugs flufenamic acid, everolimus, paclitaxel

and dipyridamole have been coated on SAM’s stents [40–42]. The amount of drug

that can be coated by this technique is however low, ranging from 100 ng/cm2 to 10

µg/cm2 as compared to 100 µg/cm2 for polymer coated stent [41, 43].

6.3 Drugs

The used drugs in DES are expected to inhibit inflammation and neiointimal for-

mation after stent implantation, which can be achieved by a variety of immuno-

suppressive, anti-inflammatory, antithrombogenic or antiproliferative drugs. In the

absence of a polymeric coating, one would expect that polymer-free drug elution

stents will release the drug in a relatively short time period, resulting in a transient

tissue and systemic peak concentrations. However, according to pharmacokinetic

analyses discussed below, this was not the case for some of the successful polymer-

free DES which showed drug levels in the target tissue for several months. This

can be explained by the physiochemical properties of the incorporated drugs and

the biological characteristics of the tissues being targeted [44]. Relatively lipophilic

126



drugs can accumulate in lipophilic tissues and cellular compartments after their re-

lease from DES. When the metabolism of the drug in the target tissue is relatively

slow, the drug can persist in the tissue for a longer period. The drugs (Figure 6.4)

that have been used in the polymer-free DES and their physiochemical properties

and pharmacological action are listed in Table 6.1.

Figure 6.4: Molecular structures of drugs on carrier-free DES.

6.3.1 Paclitaxel

Paclitaxel is a highly lipophilic compound that inhibits cell division by stabilizing

the microtubules in the cytoskeleton [2, 6]. The lipophilicity of paclitaxel makes it

easy to access the vessel wall while, and at the same time, the high lipid content of

the atherosclerotic human artery may promote its residence in the vessel wall.
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Table 6.1: Drugs used in polymer-free DES and the used carriers.

Drug Pharmacological action LogP Drug carrier References

Paclitaxel Anti-proliferative 3.0 Dip coating [2, 6, 22, 40, 45]

Crystallization

Micropores

Nanoparticles

SAM

Sirolimus Anti-proliferative 4.3 Inorganic coating [4, 20]

Immunosupressive Micropores

Crystallization

Dipyridamole Anti-platelet 1.5 SAM [46]

Valsartan Angiontensin II receptor antagonist 5.8 Micropores [29]

Leflunomide Immunosupressive 2.8 Micropores [47]

Succinobucol Anti-platelet 8.2 Micropores [48]

Sirolimus derivatives

Biolimus A9 Immunosupressive 4.2 Textured surface [25, 49]

Everolimus Anti-proliferative 5.0 SAM [40]

Immunosupressive

Tacrolimus Immunosupressive 3.3 Reservoir [35]

anti-inflammatory Inorganic coating

Drug combinations

Sirolimus Anti-proliferative 4.3/8.9 Micropores [50]

Probucol Immunosupressive

Anti-platelet

Sirolimus Anti-proliferative 4.3/8.2 Micropores [48]

Succinobucol Immunosupressive

Anti-platelet

Sirolimus Anti-proliferative 4.3/4.0 Micropores [51]

Estradiol Immunosupressive

6.3.2 Sirolimus and derivatives

Sirolimus (or rapamycin) is a lipophilic macrolide type drug with anti-proliferative,

anti-inflammatory and immunosuppressive effects. Besides sirolimus, several sirolimus

structural analogues have also been used in polymer-free DES. Biolimus A9 is a

derivative of sirolimus and its lipophilicity is higher than sirolimus due to the re-
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placement of hydrogen by alkoxy-alkyl group at 40-O position (as shown in Figure

6.4) [6, 25]. The higher lipophilicity of Biolimus A9 favors slow release from

the stents into the target tissue [25]. Everolimus, another sirolimus derivative, has

a higher logP value than sirolimus, which also will delay the drug release rate.

Everolimus-eluting stents have been shown to lead to less revascularization, major

adverse cardiac events (MACE) and thrombosis than sirolimus-eluting coronary s-

tents [10]. The anti-inflammatory macrolide tacrolimus is another structural analog

of sirolimus. This macrolide is less potent than sirolimus in inhibiting proliferation

of vascular smooth muscle cells and endothelial cells. But, with its potent anti-

inflammatory effects, tacrolimus is an attractive and frequently used drug in DES

[52].

6.3.3 Other drugs

Positive results have been found for the use of probucol in combination with sirolimus

in a polymer-free design. Probucol, a lipophilic antioxidant, inhibits neointimal

hyperplasia, prevents constrictive remodeling and improves re-endothelization of

the stent [53]. Succinobucol, a derivative of probucol, has also been loaded on

polymer-free stents [48]. The addition of the hormone estradiol to a sirolimus-

eluting polymer-free stent did not have additional benefits [51]. This might be ex-

plained by the powerful inhibitory actions of sirolimus on vascular smooth muscle

cells, and consequently there may be no further inhibition of smooth cell prolif-

eration by locally delivered estradiol [54]. Another drug that has been used in a

polymer-free stent is the prodrug leflunomide, which has a long half-life of several

days. The active metabolite teriflunomide inhibits de novo of pyrimidine biosyn-

thesis [47] which is a critical process in rapidly dividing cells such as T-leukocytes,

while also other anti-inflammaotry and antiproliferative effects have been ascribed to

this inhibitor. Promising in vivo results have been reported for leflunomide-eluting

DES such as a significant reduction in neointimal area and stent thickness ratios
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[47].

6.4 In vivo application of polymer-free DES

Polymer-free DES have so far been developed for vascular applications and mainly

for use in coronary arteries. The preclinical and clinical experiences of the developed

polymer-free DES as listed in Table 6.2 will be discussed in the following chapter.

∗- means inferior to the polymer-based DES; + means superior to the polymer-based DES; +- means non-inferior to

polymer-based DES and N/A means data not available. § The comparison between polymer-free DES and polymer-based

DES is based on the clinical trial data of angiographic late lumen loss and neointimal hyperplasia volume detected by

intravascular ultrasound (IVUS), which are the most appropriate parameters to evaluate the performance of drug-eluting

stents [64].

6.4.1 V-Flex plus: (Supra-G and Achieve)

The V-Flex plus stent was developed by Cook Inc. in 1999. It is a polished polymer-

free metal stent with paclitaxel (2.7 µg/mm2) coated on the adluminal exterior [18,

65]. The V-Flex plus stent showed initial clinical success in a pilot trial. However

late studies showed it to be inferior to polymer-based stents in preventing restenosis

and cardiac events, which may be due to significant drug loss during the stent delivery

and rapid release of the remaining drug, thus leading to attenuated effectiveness

of the stent in suppression of neointimal formation [18, 55, 65]. The Supra-G and

Achieve stents are similar to the V-Flex design and were also developed by Cook Inc.

The Supra-G stent was shown to be safe and effective in a clinical trial addressing de

novo coronary lesions, but the Achieve stent did not sufficiently decrease restenosis

and revascularization compared to a bare metal stent [56, 57].

6.4.2 Janus-stent & Optima-jet stent
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Table 6.2: Polymer-free DES and comparison of their in vivo results to polymer-coated DES.

Stents Application Platform Drug Type of study outcome∗,§ References

Flex plus Coronary Stainless Direct coating of 6 months Clinical Trail - [55]

steel paclitaxel

Supra-G Coronary Stainless Direct coating of 6 months ASPECT +- [56]

steel paclitaxel (ASian

Paclitaxel-Eluting

Stent Clinical Trial)

Achieve Coronary Stainless Direct coating of 8 months DELIVER - [57]

steel paclitaxel Clinical Trial

Janus Coronary 316L Tacrolimus 1 year Clinical Trial - [58]

Reservior

Optima Coronary 316L Tacrolimus N/A N/A [52]

Reservior

Yukon Coronary 316L Micropores filled 5 year Clinical Trials +- [59]

with Paclitaxel

Biofreedom Coronary Stainless Biolimus A9; 1 year LEADERS + [60]

steel textured surface FREE Clinical Trial

VESTAsync Coronary Co-Cr Sirolimus; 9 months VestSaync +- [61]

nanopores; II Clinical Trial

hydroxyapatite;

coating

Corel-C Coronary Co-Cr Paclitaxel in N/A N/A [45]

carbon-carbon

coating

Amazonia Pax Coronary Co-Cr Paclitaxel Pax A and Pax B N/A [22, 62]

crystallization Clinical Study

Design

Nile Pax Bifurcation Co-Cr Paclitaxel Bipax Clinial Study N/A [22, 62]

crystallization Clinical Study

Zilver PTX Femoral Nitinol Direct coating of N/A N/A [63]

paclitaxel

The Janus stent is a reservoir stent with a polymer-free tacrolimus depot on the ad-

luminal side of the stent covered with a carbofilm [35]. Preclinical and clinical trials

with this stent for the treatment of native coronary artery both showed a decrease in

neointimal proliferation, a decrease in inflammation and a reduction in MACE as
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compared to a bare metal stent [35, 66]. As an improved product, the Optima-Jet

stent showed a better safety profile and efficacy than Janus stent in a 12 month clin-

ical follow-up study [52]. Both stents were proven to be safe and allowed reducing

the dual anti-platelet therapy from 6 to 2 months [52, 67].

6.4.3 Yukon Choice stent

Another polymer-free DES is the Yukon Choice stent (a stainless steel stent with

a microporous surface filled with different drugs) [24, 26]. So far, sirolimus and

paclitaxel coated Yukon Choice stents have been approved for clinical practice and

have received the CE mark [28]. The Yukon stent was compared with the Taxus stent

in a randomized clinical trial and showed non-inferiority in safety and efficacy, both

on short term and a 5 year clinical follow-up [30, 68]. The Yukon stent was also used

as a dual-DES and different drugs combined with sirolimus gave varying results.

The dual sirolimus- and probucol-eluting dual-DES demonstrated an antirestenotic

efficacy comparable with polymer-based sirolimus-eluting stents, while estradiol

showed no beneficial effects [50]. The success of the combination of sirolimus and

probucol coated on the Yukon stent was demonstrated in several clinical trials and

this stent showed to be non-inferior to the second generation DES [50, 53, 69].

6.4.4 Yinyi stent

The Yinyi stent is a 316L stainless steel stent with a microporous surface. The stent

was loaded with paclitaxel by guidance of ultrasound [70]. In a 1-year multicenter

prospective study with 1045 patients, low thrombosis rates and MACE rates were

found [70]. In a randomized clinical study the Yinyi stent was compared with the

polymer-based sirolimus-eluting stent [59]. Comparable rates of target lesion failure

(10.9% vs. 12.0%) and stent thrombosis (1.8% vs. 2.0%) were found after a 1 year

follow-up. Also, in-stent stenosis and restenosis rates were not significantly different
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between the two stents after 6 months follow up [59]. The study suggests that the

safety and efficacy of Yinyi stents are comparable to polymer-based sirolimus-

eluting stents.

6.4.5 Biofreedom stent

Another polymer-free stent that uses a textured stent surface is the Biolimus A9-

eluting Biofreedom DES. In a porcine overstretch coronary model, the Biofreedom

stent was non-inferior to the sirolimus-eluting Cypher stent after 28 days (short-

term study), and significantly superior to the Cypher stent and the bare metal stent

in reduction of neointimal hyperplasia formation after 180 days (long-term study).

A reduction in inflammation was also observed for the Biofreedom stent compared

to the Cypher stent [60].

Further, in a randomized single-blind clinical trial the Biofreedom stent was com-

pared with the Taxus stent. A non-inferiority was found for the Biofreedom stent

in median late lumen loss (0.17 mm vs. 0.35 mm), and the Biofreedom was also

shown to have significantly lower MACE rates (6.8% vs. 10.0%) and target lesion

revascularization (3.4% vs. 6.7%) after 2 years [60]. These findings provide pos-

itive evidence of long-term advantages for the use of a polymer-free DES over a

traditional polymeric DES.

6.4.6 VESTAsync stent

The VESTAsync stent is a stainless steel stent with a thin microporous hydoxyap-

atite coating and loaded with sirolimus [71–73]. In a randomized double-blinded

clinical trial the sirolimus-filled VESTAsync stent was compared with the same

stent platform, Gen X, without drug loading. Significant decreases in neointimal

hyperplasia (9.3% vs. 17.6%) and in-stent restenosis (0.39% vs. 0.71%) were found

[61]. Similar results were found in earlier clinical trials in which the safety of the
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VESTAsync stent was confirmed [71–73].

6.5. Drug release kinetics from stents

The elution rate (or release) of drugs from stents depends not only on the design of the

stent but also on the physiochemical properties of the drug itself [74]. For instance,

the hydrophobicity of drugs plays an important role in local drug concentrations.

Hydrophilic drugs were found to wash away more quickly, while hydrophobic drugs

can attain higher concentration in the artery wall due to their preferential binding

to artery wall structural proteins [75, 76]. The physical state of the drug can also

influence the drug elution rate, and as mentioned earlier the dissolution rate of

crystalline drugs is slower compared to amorphous phases. The amorphous phase

is a metastable state with higher energetic level than the crystalline phase resulting

in higher drug solubility and faster release rate. Different drug release profiles as

shown in Figure 6.5, profile A is typical burst release, profiles B and C are sustained

release. In most cases, sustained release without initial burst release (profile C) is

preferred as it ensures long-term local activity of the drug. Researchers seek to

avoid initial burst release, because the initial high release rate may lead to drug

concentrations near or above the toxic level in vivo, also the drug released during

the burst stage may also be metabolized or excreted without being effectively utilized

[77].

The biological effects of drugs delivered locally are also influenced by local trans-

port forces, which are related to the properties of the target tissue. The highly

heterogeneous composition of the arterial wall and its asymmetric geometrical or-

ganization (as shown in Figure 6.6) represents a challenge for most drugs applied in

DES technologies [78]. The ideal compound for intramural delivery should contain

hydrophobic elements to ensure high local concentrations as well as hydrophilic

properties to allow homogeneous drug diffusion.
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Figure 6.5: Kinetic profiles of polymer-free DES, showing the cumulative drug released over time (left)

and the tissue concentration (right); A: burst release; B and C: sustained release.

Figure 6.6: Cross-section of a stent implanted blood vessel. The drug (white spheres), once released

from a drug eluting stent, can diffuse into the vessel wall or it can be released into the blood stream.

Adapted with permission from Grassi, M., Lamberti, G., Gascone, S., and Grassi, G. (2011) Mathematical

modeling of simultaneous drug release and in vivo absorption. Int. J. Pharm. 418, 130-141. Copyright

2011 Elsevier.
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Table 6.3: In vivo drug elution rates of polymer-coated and polymer-free stents and the kinetic profile of

the drugs.

Polymer-coated DES Drug Amount of drug loaded Release time Kinetic profile References

Cypher Sirolimus 1.4 µg/mm2 66% in 7 days B [4]

100% after 30 days

Taxus Paclitaxel 1 µg/mm2 50% in 2 days B [79]

100% after 14 days

Polymer-free DES

Zilver PTX Paclitaxel 3.0 µg/mm2 95% in 24 hours A [80]

Biofreedom Biolimus 15.6 µg/mm2 90% in 50 hours A [81]

Nile Pax & Amazonia Pax Paclitaxel 2.5 µg/mm2 60% within 2 days B [22]

100% after 45 days

V-Flex & Achieve Paclitaxel 2.7 µg/mm2 28% within 4 hours B [18]

3.0 µg/mm2 69 % after 14 days

Yukon Sirolimus 479 µg/mm2 66 % in 6 days B [24]

varying 100 % after 21 days

Yinyi Paclitaxel 1.0 µg/mm2 42 % in 24 hours B [70]

83 % in 15 days

VESTAsync Sirolimus 55 µg 100 % in 3-4 weeks B [61, 73]

Janus & Optima Tacrolimus 2.3 µg/mm2 Peak in few days B [35]

50 % in 30 days

Corel-C stent Paclitaxel 100 ng/cm2 to 10 µg/cm2 100 % in 14 days B [41, 82]

Co-Cr stent Sirolimus 100 µg 50 % in 90 days C [20]

6.5.1 Burst release

In controlled release formulations, an initial large bolus of drug is released before

the release rate reaches a stable profile is typically referred to as "burst release"

[77]. For DES, drug release over 90% of the total loaded amount in around 2 days

is considered as burst release. The burst release should provide just enough drug

immediately after stent implantation to prevent neointimal hyperplasia, whereas too

much drug release in the first few days may cause serious side effects [14]. But

it is not always the case for polymer-free DES. The in vitro drug elution rates of

polymer-coated and polymer-free stents and the kinetic profile of the drugs are list-

ed in Table 6.3. For instance, the Zilver PTX stent releases 95% of its paclitaxel
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loading within 24 hours, nevertheless, there were sustained paclitaxel levels in the

artery wall for 56 days [80]. This can be explained that paclitaxel is highly hy-

drophobic. It can bind nonspecifically to serum proteins, hydrophobic components

of the tissue microenvironment and specifically to polymerized microtubules with

high affinity. As a result, it can be efficiently absorbed by surrounding tissue, gain

cellular entry and bind tightly to proteins within cells and the interstitium. Similarly,

the polymer-free textured Biofreedom stent releases >90% of the coated Biolimus

A9 in 50 hours in vitro [81]. However, this did not lead to local toxicity in vivo

and the drug concentration in the blood did not show an early peak. Surprisingly,

Biolimus A9 can still be measured in the local tissue 180 days after implanting the

stent and the concentration was high enough to exert a pharmacological effect [25].

According to Tada et al. the positive results found in vivo are due to a combination

of Biolimus A9’s high hydrophobic characteristics, which lead to a fast absorption

in cell membranes, and long half-life of Bioliminus A9 in the surrounding tissue

[25]. More research should be done to study whether the use of other drugs will

lead to similar results.

6.5.2 Sustained release

Although many polymer-free DES have an initial burst release, for most polymer-

free DES a sustained release phase follow. For example, the Nile Pax and Amazonia

Pax stents released 60% of the coated paclitaxel within 2 days, followed by a sus-

tained release of the remaining loading during the next 30 days [22].

A similar release rate was found for the Yukon stent, which showed a sustained

release of over 21 days in vitro. However, over two-thirds of the sirolimus loading

was eluted within 6 days [24]. Many drugs have been incorporated in the Yukon

stent and they all have similar elution rates. In a test comparing a Yukon stent loaded

with either sirolimus or leflunomide, interchangeable elution rates were found in

vitro [47].
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According to the in vitro release experiment of Mani et al., flufenamic acid was

released from the SAMs in sustained pattern for 2 weeks up to 1 month [40, 82].

Approximately 80% of the flufenamic acid was released after 4 weeks, and the

release behavior was governed, as assumed by the authors, by the hydrolysis of

the ester bond between flufenamic acid and SAM [40]. In another study, solutions

of two different concentration of paclitaxel (25 and 100 µg/ml) were deposited

on SAM coated Co-Cr surfaces, and the in vitro release of paclitaxel from SAM

coated Co-Cr surfaces was compared with that of paclitaxel directly coated on Co-

Cr surfaces. It turned out that paclitaxel was released from the SAM coated Co-Cr

surfaces in a biphasic manner (an initial fast release in the first 7 days followed

by a slow release for up to 35 days), while the paclitaxel was released from Co-Cr

surfaces within 1-3 days [41]. The mechanism proposed for the paclitaxel delivery

from SAMs explained by the authors are: (a) cleavage of hydrogen bonds between

paclitaxel molecules and SAMs by ions in the PBS/Tween 20 solution; (b) cleavage

of ester bonds between paclitaxel and SAMs by hydrolysis and (c) cleavage of

hydrogen bonds between paclitaxel molecules by the ions in the PBS/Tween 20

solution [41]. However, again there is no evidence that a hydroxyl group of paclitaxel

has reacted with COOH groups of the SAM during the coating procedure. Stents

coated with sirolimus via a temperature-induced crystallization process showed a

sustained release of the drug both in vitro and in vivo. An in vitro study showed that

50% of the drug was slowly released in PBS within 90 days without burst release.

The stent showed a very similar release pattern as the Cypher stent [20]. In another

in vitro study various media were used [83]. In all media, including saline-isopropyl

alcohol (NS-IP, 10%) mixture, phosphate buffer (PB, pH 7.4), phosphate buffered

saline (PBS, pH 7.4), a sustained release of sirolimus was achieved for 80 days [22].

Simultaneously, sirolimus released at site of implantation and biocompatibility of

developed stents was determined after subcutaneous implantation in the SD rats

[84]. The in vitro drug release from DES is mostly performed in PBS buffer (with

or with low concentration of surfactant, such as 0.05% of Tween-20), however, in
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most studies it was not checked whether sink conditions were maintained. For in

vivo drug release studies, it should be mentioned that it is technically difficult to

separate the surrounding tissue from the stent, which makes it difficult to get accurate

tissue drug data. In addition, the variation of the methods used in different studies

also makes it difficult to compare the release behavior from different DES systems.

It is therefore recommended that standardized methods for evaluating the in vitro

and in vivo drug release from DES have to be developed and validated for future

preclinical and clinical studies.
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6.6 Conclusion

The design of polymer-free drug elution stents was initiated because of the assumed

increased risk of thrombosis and inflammation ascribed to polymer-coated drug

eluting stents. The (pre)clinical evidence that these polymer coatings indeed cause

these adverse effects is however weak. Advanced design of porous surfaces and

reservoirs allows polymer-free stent to be coated with substantial amounts of anti-

inflammatory or immunosuppressive drugs. The drug’s physicochemical properties

and water solubility should be taken into account to obtain the desired sustained

release profile, which has been achieved for several hydrophobic drugs. Although

polymer-free DES have performed well in both preclinical and clinical trials, it is

important to notice that polymer-free DES almost without exception do not show

better performance in clinical trials than the second generation drug-elution stent.

We therefore conclude that polymer-free DES may be efficacious, although it is

has not demonstrated convincingly that polymeric coatings in DES are a serious

problem.
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Chapter 7

General discussion and future

perspectives



The work described in this thesis is part of the European FP7-project PulmoSten-

t (http://cord- is.europa.eu/result/rcn/170295_en.html). This project is dedicated

to the development and evaluation of a viable stent device for the treatment of

bronchotracheal cancer. PulmoStent advances beyond the state-of-the-art in bron-

chotracheal stenting since it introduces several new concepts into this field such

as biohybrid surfaces and drug-eluting coatings. It hence transcends from passive

devices to viable and functional implants tailored to the patient’s needs. The bio-

functionalization of the stent’s inner lumen with pulmonary epithelial cells will

lead to an improved tolerance and performance of the stent in mucus transport, by

virtue of the mucociliary function of functional respiratory epithelium. The em-

bedded anti-cancer drugs in the stent’s coating will enable sustained local release

of tumor-specific therapeutics that suppress regrowth of the tumor. Within the Pul-

mostent project, we mainly focused on loading of anticancer drugs in the stent’s

coating. Gefitinib is one of the drugs-of-choice in primary lung cancer. Therefore

this compound was used as model drug for the development of drug-eluting coat-

ings, either by direct embedding of the drug in the coating or by indirect inclusion,

via incorporation of polymeric microparticles gefitinib was loaded.

In Chapter 2, different types of polyurethane (PU) covers for a tissue engineered

bronchotracheal stent were evaluated. Nonwoven PU covers were prepared by

a spraying process in which Carbothane, a commercially available polycarbonate

urethane polymer was deposited onto a rotating spindle. Different spraying condi-

tions were compared to obtain an optimized cover that supports glucose transport

across the PU cover, which is needed for adhesion and proliferation of respiratory

epithelial cells at the air-liquid interface of a bronchotracheal stent. Respiratory ep-

ithelial cells harvested from sheep trachea were cultured onto the selected PU cover

and remained viable at the air-stent interface when cultured for 21 days. Lastly,

we evaluated the radial force of nitinol stent covered with such a PU coating. We

showed that coating of such stents did not adversely affect the mechanical proper-

ties of the stents for their intended application. These in vitro data corroborate the
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design of a novel airway stent for palliative treatment of bronchotracheal stenosis

in the smaller bronchi.

As mentioned earlier, we aimed for incorporation of the anti-cancer drug gefitinib

in the PU coating, to afford local release of this drug that inhibit regrowth EGFR-

positive tumor cells. Gefitinib can be loaded in the PU coatings as drug micropar-

ticles embedded between two layers of non-woven PU fleece, or in water-blown

PU coatings in which gefitinib microparticles were dispersed in a PU crosslinker

solution that is subsequently mixed with the PU prepolymer before formation of

the foam. A drawback of the latter approach can be that the PU polymerization

is influenced by the presence of drug, for instance by chemical interference due to

side-reactions of functional groups of gefitinib with isocyanate groups of the PU

crosslinker, or by physical interference in formation of PU foams. Therefore, it

makes sense to pre-encapsulate the drug in polymeric microparticles, rather than

to drug microcrystals directly. Another important reason to use drug-loaded poly-

meric microparticles is that these offer opportunities to modulate the drug release

via properties of the polymeric particles, rather than to reply on dissolution of drug

microcrystals and diffusion of the drug within the PU coating as determinants for

drug release.

The most popular and extensively studied polymer for preparation of drug loaded

microspheres is poly(lactide-co-glycolide) (PLGA). In Chapter 3, gefitinib-loaded

PLGA microspheres were prepared by oil-in-water emulsification which yields mi-

croparticles with a broad size distribution. Well-defined size-fractions of gefitinib-

loaded PLGA microspheres (from 5 to 130 µm) were obtained by sieving. We

have investigated whether drug loading efficiency and release profile of such drug-

loaded microparticles are correlated to the size of the microparticles. The average

drug loading of unfractionated microspheres was 6.3 ± 0.4% w/w, while drug load-

ing of sieved fractions ranged from 2.4 ± 0.3 to 7.6 ± 0.9% w/w for smallest to

largest microparticles. X-ray diffraction (XRD) and differential scanning calorime-

try (DSC) analysis demonstrated that gefitinib was amorphously dispersed in the
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PLGA matrix, with no apparent shift in the Tg of PLGA indicating the absence of

strong molecular interactions of the drug and polymer. In vitro drug release was

studied with microspheres embedded in dextran hydrogels to avoid their aggregation

during the incubation conditions. Microspheres smaller than 50 µm showed rapid

diffusion-based release reaching completion within 2 days when particles have not

degraded yet. Larger microspheres, on the other hand, showed a sigmoidal release

pattern that continued for three months in which diffusion (early stage) as well as

particle erosion (later stage) governed drug release. Scanning electron microscopy

(SEM) and polymer degradation data showed that larger microspheres degraded

faster than smaller ones which is in line with autocatalytic PLGA degradation upon

acidification within the core of microparticles. The results demonstrate that polydis-

perse drug-loaded microspheres differ in multiple aspects that influence drug release

and sieve-fractionating of polydisperse microspheres is a relative simple and effec-

tive procedure to obtain drug-releasing microparticles with better defined release

properties and allows for further tailoring when sieve fractions are recombined to

reconstitute the desired release profile.

Based on the experimental methods of the above described chapters, a drug-eluting

stent coating was developed in Chapter 4. Gefitinib was loaded in nonwoven PU

covers by a sandwich method in which gefitinib microcrystals were embedded be-

tween a PU support layer of 200 µm and a PU top layer of 50-200 µm. As an

alternative to microcrystals of the drug, gefitinib-loaded PLGA microspheres were

embedded in the PU coating. The spray coating procedure did not affect the mor-

phologies of the embedded microspheres as demonstrated by scanning electron mi-

croscopy (SEM), confocal laser scanning microscopy and fluorescence microscopy

analysis. PU constructs loaded with gefitinib microcrystals released the drug for

7-21 days and showed diffusion based release kinetics. Importantly the thickness

of the PU layer controlled directional release of the drug towards the support layer.

PU constructs loaded with gefitinib microspheres released the drug in a sustained

manner for more than 6 months indicating that drug release from the microspheres
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became the rate limiting step. Gefitinib release from these coatings was controlled

by both erosion of the microspheres inside the PU constructs, and by diffusion of

gefitinib in the PU coating. Since the release rate of gefitinib from microspheres in

PU constructs was much lower than release of gefitinib from microcrystals embed-

ded in the PU constructs, the erosion of the microspheres became the rate controlling

process. The embedding of microspheres did not change the mechanical properties

of the PU material in a tensile tests. These results form the basis of a new platform

technology for drug-eluting stent coatings, in which embedding of the drug in poly-

meric particles can contribute to a better standardization of complex materials. The

inclusion of the drug inside microparticles within the hybrid coating both serves a

better control over drug release, as well as reduced interaction of the drug with the

polymeric coating material.

Polyurethane foams generally have a large tensile strength with extremely large

deformation at break and are particularly useful as covering material for stents

which are compressed and flexed during their implantation. For bronchotracheal

stents, such flexibility is important since the stent will also be compressed in situ

during couching reflexes of the patient [1]. In Chapter 5 we investigated whether

it is possible to fabricate drug-loaded PU foams that can be used as coating for

bronchotracheal stents. Gefitinib-loaded PU foams were prepared by embedding

either gefitinib micronized crystals or gefitinib-loaded PLGA microspheres in water-

blown films, with up to 10% w/w loading for gefitinib microcrystals and 15% w/w

for gefitinib microspheres (corresponding to 1.0% w/w drug loading). Drug-release

studies showed sustained release of gefitinib over a period of nine months, with

relative higher release rates at higher drug loading content. By the end of the studied

release periods, 60-100% of the embedded gefitinib had been released. Foams

embedded with gefitinib-PLGA microspheres showed accelerated drug release after

4 months, coinciding with the degradation of PLGA microparticles in the PU foam

as demonstrated by SEM. PU coating applied onto braided nitinol bronchotracheal

stents showed similar mechanical properties for drug-free PU foam and PU foam
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which polymeric microspheres had been embedded, as determined by radial force

measurements in a crimping and deployment setup. These results indicate that PU

foam loaded with microspheres in the coating are in principle suitable for coating

of drug-eluting stents.

Apart from the aforementioned chapters, an in vivo study was also carried out to

demonstrate proof of-concept of the Pulmostent in a large animal model [2]. As the

airway diameters are similar to human, sheep was chosen as experimental animal for

testing the suitability and functionality of our stents. Two Nitinol wire stent designs

were tested, one had a laser-cut backbone (from National University of Ireland Gal-

way, NUIG, from Pulmostent project consortium), and the other was hand-braided

(from ITA Technologietransfer GmbH, ITA, from Pulmostent project consortium).

Both stents were covered with nonwoven PU cover (made by Helmholtz Institute,

RWTH Aachen University, CVE, from Pulmostent project consortium), according

to similar procedure as descried in Chapter 2 and 4. For in vivo experiments, only

drug-free stents have been used, while it has not been feasible to use stents loaded

with anticancer drug since bronchotracheal cancer models do not exist in sheep yet.

Most animal models for cancer are in mice or rats, but the stents developed in Pul-

mostent have been designed for bronchi that have an inner lumen diameter with the

same dimension as human or sheep bronchi. Development of a new bronchotracheal

cancer model in sheep is, however, beyond the scope of the present project.

The suitability of the novel Pulmostent in terms of biocompatibility, migration be-

havior and formation of granulation tissue was investigated, and cell-seeded stents

were compared with unseeded stents. Three groups (n = 2) of stents with implan-

tation durations of 6, 12 and 24 weeks were included in the study. In each sheep, a

stent was implanted in each left and right main bronchus, one cell-seeded stent and

one without cells. The stents were cell-seeded in situ after implantation to prevent

damage on the tissue engineered epithelium during the deployment process. This

allows direct comparison of a cell seeded versus the unseeded stent by means of

mucociliary clearance. On the last experimental day, sheep were euthanized and
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directly dissected. The lungs were macroscopically inspected and examined for

abscesses. From both lower lobes biopsies were taken for histology. Afterwards the

bronchi with the stents were exposed to document the positioning of and granulation

around the stents to get insight into the tissue reaction in the stents’ surrounding.

Further, the tissue was analyzed histologically and electron microscopically. The

results showed that there was only mild granulation tissue formation and tissue reac-

tion; while severe mucus plugging was not observed. Thus, the Pulmostent concept

is a step forward for palliative treatment of airway stenosis with a biohybrid stent

device.

Clinical evaluations have proven the efficacy of drug-elution stents (DES) in reduc-

tion of in-stent restenosis rates as compared to drug-free bare metal stents (BMS).

Typically, DES are coated metal stents that are covered with a polymer film loaded

with anti-inflammatory or antiproliferative drugs that are released in a sustained man-

ner. Apart from loading into polymeric membranes, drugs can also directly coated

on stents without the use of a polymeric coating. In Chapter 6, various techniques

are reviewed for preparation of polymer-free DES, such as the use of microporous

stents and inorganic coatings that can be used to adhere the drug onto the stent. Sev-

eral drugs, including sirolimus, tacrolimus paclitaxel and probucol have been used

in the design of carrier free stents. Polymer-free stents have shown similar efficacy

and safety as the first-generation polymer-coated DES, although the superiority of

polymer-free DES has not been established in clinical trials. Compared to polymer

coated DES, there are several potential drawbacks of polymer-free drug-eluting s-

tents in bronchotracheal cancer patients: (1) limited drug loading of polymeric-free

stents will make it insufficient for tumor suppression; (2) comparatively faster drug

release behavior (normally the drug is released in less than one month) cannot offer a

sustained and prolonged drug release to the local tumor area; (3) without polymeric

membrane coating, tumor may regrowth into the lumen. These arguments make

polymer coated stents the preferred modality for bronchotracheal cancer.
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Future Perspectives

This thesis describes the development of drug-eluting stent coatings for bronchotra-

cheal cancer. The results described in Chapter 4 and 5 show that the anti-cancer

drug gefitinib was successfully incorporated in polymeric stent coatings either as

drug microcrystals or as drug-loaded PLGA microspheres. Importantly, an in vi-

vo experiment demonstrated proof of-concept of the Pulmostent in a large animal

model. However, further optimization and testing is necessary to take the next steps

for their clinical translation. Such future optimizations can be categorized in selec-

tion of other, more potent anticancer drugs and the potential for multiple use of the

developed drug-eluting coatings.

Candidate drugs for incorporation in drug-eluting coatings

Gefitinib, is a first-generation epidermal growth factor receptor (EGFR) inhibitor

that was granted FDA approval in July 2015. First-generation EGFR tyrosine kinase

inhibitors (gefitinib and erlotinib) are particularly effective in tumors with activat-

ing EGFR mutations and are often used as first-line in metastatic non-small cell

lung cancer (NSCLC) [3, 4]. Second-generation EGFR tyrosine kinase inhibitors

(afatinib and dacomitinib) are more effective in patients that have developed resis-

tance to first generation EGFR kinase inhibitors [5]. However, their use in patients

is limited by gastrointestinal toxicities [6]. Nowadays, several clinical trials with

third-generation EGFR tyrosine kinase inhibitors are ongoing (osimertinib, rocile-

tinib, HM61713, ASP8273, EGF816, and PF-06747775). Such inhibitors are also

effective for highly resistant cancers that express T790M mutated EGFR [7]. All of

these EGFR kinase inhibitors are potentially interesting candidates for inclusion in

the coating of bronchotracheal stents, especially when they combined high potency

with the proper selectivity profile of the type of tumor diagnosed in the patient.
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Potential for multiple use

As discussed above, this thesis outlines several strategies for the loading of drugs

in PU films and foams, with the aim to obtain coating that release the drug in a

sustained manner. These technologies can be used in a broad range of applications.

One of such applications is for instance coating for esophageal stents to release

chemotherapy drugs in case of esophageal cancer.

However, the applications of the present stent coatings do not limit only to the GI

area but regard all clinical conditions where a controlled drug release is required.

The ability to fabricate the PU membranes in almost any kind of shape and tune its

mechanical properties thanks to the chemical freedom and good biocompatibility

provided by PU, makes this technology incredibly powerful.

Conclusions

Stents are an important cornerstone of the treatment of bronchotracheal cancer. Al-

though bronchotracheal stents are only used for palliative treatment, their implan-

tation is highly valuable as they serve an immediate relief of serious complications

of patients in the later stages of pulmonary cancer. Novel advanced coatings of

bronchotracheal stents that can release anticancer drugs can greatly improve the

functionality of such stents. Moreover, the coatings presented in this thesis have the

potential for improving other drug-eluting stent coatings, either in the cancer field

or in other disease areas in which stents are used.
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Nederlandse samenvatting

Het onderzoek in dit proefschrift is uitgevoerd in het kader van het Europese FP-7-

project Pulmostent (http://cordis.europa.eu/result/rcn/170295_en.html). In dit on-

derzoeksproject hebben verschillende Europese universiteiten en bedrijven geza-

menlijk gewerkt aan de ontwikkeling van een nieuw type stent voor bronchotracheale

kanker. Het Pulmostent concept onderscheid zich van bestaande bronchotracheale

stents omdat er gestreefd wordt naar een biohybride stent, waarbij het luminale op-

pervlak van de stent geschikt is voor het groeien van luchtwegepitheel; hierdoor zal

mucus beter vanuit de longen over de stent getransporteerd worden (mucociliaire

klaring) en wordt de stent beter verdragen door de patiënt. Een tweede belangrijke

verbetering van de Pulmostent is dat er geneesmiddelen in het stentmateriaal worden

ingebed. Bronchotracheale kanker wordt doorgaans chirurgisch behandeld waarna

een palliatieve stent ter plekke van de tumor geplaatst wordt om de luchtwegen open

te houden; meestal wordt zo’n stent slechts een aantal weken tot enkele maanden

goed verdragen totdat er verstopping (plugging) van de stent optreedt, ten gevolge

van mucus, bindweefselvorming en teruggroei van de tumor. Geneesmiddelen die

vanuit de coating van de stent afgegeven worden kunnen de teruggroei van de tumor

vertragen. De kinaseremmer gefitinib is een van de eerstekeus geneesmiddelen bij

longkanker en is daarom in dit proefschrift als modelstof gekozen bij de ontwikke-

ling van geneesmiddel-beladen stents.

Hoofdstuk 2 beschrijft de ontwikkeling van een stent coating op basis van polyurethaan,

een flexibele polymeer dat op een stent aangebracht kan worden middels een sproeipro-

ces. Verschillende condities van het sproeien zijn uitgetest om coatings met ver-

schillende diktes en porositeiten te verkrijgen. Deze polyurethaan coatings zijn

vervolgens getest op hun doorlaatbaarheid voor glucose, en de beste coating is ten

slotte getest in een incubator waarin longepitheel gekweekt kan worden op het opper-

vlak van de polyurethaan coating. Omdat de longepitheelcellen hun ene kant gericht

hebben naar het vloeistof-lucht oppervlak in de kweekopstelling kunnen ze hierbij

alleen voedingsstoffen via de coating opnemen en is het transport van glucose en
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andere voedingstoffen door het polyurethaan erg belangrijk voor de vitaliteit van de

cellen. De ontwikkelde coating voldeed aan de eisen omdat de gekweekte epitheel-

cellen -van schapen- gedurende het hele experiment van 21 dagen in leven bleven.

Vervolgens werd de polyurethaan coating op een nitinol stent aangebracht, en is deze

stent getest op zijn mechanische eigenschappen tijdens het krimpen (verkleinen van

de diameter) en weer uitvouwen. Deze bewerkingen zijn noodzakelijk tijdens het

implanteren van de stent in de bronchi en werden goed doorstaan door de gecoate

stent.

Ik heb me in het Pulmostent project vooral bezig gehouden met het ontwikkelen

van geneesmiddel-beladen coatings. Ik heb gefitinib op twee manieren in de s-

tent coating verwerkt: in de vorm van gefitinib microkristallen en door gefitinib

eerst in polymere microsferen te verpakken en die vervolgens in de coating te ver-

werken. Ik heb beide manieren onderzocht door de gefitinib microdeeltjes tussen

twee gesproeide lagen polyurethaan in te bedden. Daarnaast heb ik ook een ander

type coating onderzocht die gevormd wordt door het polyurethaan als een foam uit te

harden. Bij deze methode werd gefitinib tijdens het polymerisen toegevoegd. Ook

in dit geval kan gefitinib als microkristallen of microsferen verwerkt worden in de

polyurethaan foam. Het verwerken van gefitinib in microsferen heeft als voordeel

dat er minder kans is dat het farmacon het polymerisatieproces zal beïnvloeden.

Een bijkomend voordeel van polymere microsferen als geneesmiddeldrager is dat

de snelheid van geneesmiddelafgifte bijgestuurd kan worden door de samenstelling

of eigenschappen van de microsferen te veranderen.

Hoofdstuk 3 beschrijft allereerst de ontwikkeling van gefitinib-beladen microsfer-

en. Deze microsferen zijn gemaakt met het polymeer poly(lactide-co-glycolide)

(PLGA) dat in veel geneesmiddelafgifte systemen gebruikt wordt. De gefitinib-

PLGA microsferen zijn gemaakt middels een olie-in-water emulsificatie proces.

De hiermee verkregen microsferen hebben een brede verdeling in grootte van de

deeltjes, en ik heb ze daarom gefractioneerd in vier verschillende zeeffracties. Ik

heb onderzocht in hoeverre deze zeeffracties verschillende eigenschappen hebben,
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zowel wat betreft geneesmiddelbelading, de fysische vorm van het gefitinib, en met

betrekking tot de afgiftesnelheid van het gefitinib als de microsferen geïncubeerd

worden bij 37 ◦C. Mijn resultaten laten grote verschillen zien tussen de kleine en

grote deeltjes die via het fractioneren verkregen zijn van dezelfde batch microsfer-

en; de grotere deeltjes hebben een hogere belading en een veel langzamere afgifte

die tot wel drie maanden aanhoudt voordat alles is afgegeven, terwijl de kleinste

deeltjes het geneesmiddel binnen twee dagen afgeven. Het fractioneren van zo’n

product is een relatief eenvoudige methode om een beter gedefinieerd product met

controleerbare afgiftekinetiek te verkrijgen.

Hoofdstuk 4 beschrijft de ontwikkeling van gefitinib-beladen coatings op basis

van gesproeide polyurethaan. Gefitinib microkristallen of geftinib-PLGA micros-

feren werden ingebed tussen twee lagen gesproeide Carbothane. Op basis van ver-

schillende microscopische technieken werd geconcludeerd dat de microsferen intact

bleven tijdens het maken van de coating. Door te werken met lagen van verschillende

diktes kon ik de richting waarin gefitinib afgegeven wordt sturen. De afgiftesnelheid

van gefitinib was 7-21 dagen vanuit de coatings die met microkristallen gemaakt

waren en tenminste 6 maanden als er gefitinib-PLGA microsferen ingebed waren.

Deze resultaten laten duidelijk zien dat de microsferen een belangrijke rol spelen

bij het verlengen van de geneesmiddelafgifte vanuit dit type coating. Tot slot heb ik

een stent onderzocht waarop een polyurethaan coating met PLGA microsferen was

aangebracht, in dit geval zonder dat er gefitinib in verwerkt was. De coating met

microsferen had dezelfde mechanische eigenschappen als de polyurethaan coating

zonder microsferen.

In hoofdstuk 5 wordt getoond hoe gefitinib in de polyurethaan foam verwerkt werd;

ook hierbij zijn gefitinib microkristallen en gefitinib-PLGA microsferen met elkaar

vergeleken. Beide methodes waren geschikt om de polyurethaan foam met gefitinib

te beladen; de gefitinib-polyurethaan foams gaven gefitinib langduring af gedurende

tenminste 9 maanden (daarna werd het experiment beëindigd). De methode met g-

efitinib microkristallen heeft in dit geval de voorkeur omdat hiermee hogere gehaltes
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gefitinib konden worden ingebed. Ook nu werd weer getest of de coating succesvol

op een nitinol stent kon worden aangebracht.

De meeste geneesmiddel-beladen stents hebben een polymere coating waarin het

geneesmiddel ingebed kan worden, zoals ik ook gedaan heb bij de voorgaande

hoofdstukken. Hoofdstuk 6 is een literatuuroverzicht van alternatieve manieren

voor het maken van geneesmiddel-beladen stents zonder polymere coating. Hierbij

wordt bijvoorbeeld gebruik gemaakt van poreuze materialen of anorganische coat-

ings waar het geneesmiddel aan kan hechten. Er zijn echter een aantal nadelen aan

dit type stents zonder polymere coating, zoals de vrij snelle geneesmiddelafgifte en

de beperkte capaciteit om geneesmiddel op de stent te beladen.

Hoofdstuk 7, tenslotte, is een algemene discussie waarin de uitkomsten van dit

proefschrift worden samengevat. Dit hoofdstuk bevat ook een korte samenvatting

van de proefdierstudie die in het Pulmostent project is uitgevoerd. Deze proeven met

de ontwikkelde bronchotracheale stents zijn uitgevoerd in schapen, en lieten zien dat

Pulmostents langdurig goed verdragen werden. Zelfs na 4 maanden was er slechts

weinig bindweefselvorming en mucus ophoping te zien. Omdat er tot op heden nog

geen goed diermodel is voor bronchotracheale kanker zijn deze dierexperimenten in

gezonde schapen uitgevoerd. Stents met de gefitinib-beladen coatings zijn daarom

nog niet in een diermodel getest. De resultaten van het experiment in schapen laten

zien dat de Pulmostents zeer goed verdragen werden daarom ook erg interessant als

er vervolgonderzoek zou komen waarin geneesmiddel-beladen stents getest kunnen

worden. Gefitinib is een geschikte keus om in de coating te beladen omdat het een

relatief veilig kankerremmend medicijn is, maar ook andere kinaseremmmers of

zelfs cytostatica zouden in de coating verwerkt kunnen worden.
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