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Abstract
The co-loading of different therapeutic molecules into a single carrier offers several
advantages over individual administration, such as the delivery of a desirable ratio of each
drug to the target of interest, synergistic therapeutic effects between the drugs, suppressed
drug resistance, and the ability to control drug exposure over time. However, due to the
unique physicochemical properties of therapeutics, the co-delivery of multiple payloads
with ratiometric control by the same traditional colloid carrier is challenging.
Benefiting from numerous attractive features, such as remarkable stability, outstanding
biocompatibility, and high loading capacity for almost all therapeutics, porous silicon (PSi)
materials have emerged as a promising drug delivery system. The aim of this dissertation
was to develop a robust platform that would enable precise control over the loading and
release of different drug cargos to facilitate combination therapy, especially the co-delivery
of hydrophobic and hydrophilic payloads.
First, the potential of bare PSi nanoparticles for multidrug delivery was evaluated by codelivering a hydrophobic molecule and a hydrophilic peptide. Both drugs were efficiently
incorporated into the PSi matrix, although it was difficult to optimize their ratio. Owing to
the freely accessible pores of the PSi, the release medium can directly interact with the
loaded therapeutics, resulting in the premature drug release and even in the degradation of
payloads. This uncontrolled release and degradation of payloads create a major challenge
for PSi materials to achieve site–selective drug delivery.
To seal the pores of the PSi materials and to sustain drug release, the drug-loaded PSi
particles were embedded into solid lipid nano- and micromatrices. The PSi-encapsulated
solid lipid nanocomposites prepared by the traditional emulsion method exhibit superior
stability in aqueous solutions and human plasma, increased cytocompatibility, reduced
association with cells and, most importantly, prolonged drug release. Similarly, the
microfluidic templated monodisperse PSi–solid lipid microcomposites not only enhanced
the cytocompatibility of PSi microparticles but also remarkably sustained the release of
either hydrophilic or hydrophobic drugs individually.
Taking advantage of the high loading degrees of the PSi materials for both hydrophilic
and hydrophobic therapeutics, multiple drugs with varied physicochemical properties were
successfully loaded into the microfluidic assembled pH-responsive polymeric micro- and
nanocomposites with ratiometric control. The prepared microcomposites exhibited
multistage pH-responsive properties and tailored drug release kinetics. An efficient one–
step production of homogeneous PSi–polymer nanocomposites was enabled by a simple
hydrodynamic flow–focusing microfluidic method. The drug release from the
nanocomposites was primarily controlled by the acid-dependent degradation of the polymer
used. After functionalization with a cell-penetrating peptide, the fabricated acid-degradable
nanocomposites were studied for intracellular drug delivery.
In conclusion, PSi-based versatile multicomposites, having the capacity for precisely
controlled delivery of simultaneously encapsulated physicochemically distinct cargos and
possessing surfaces readily amenable to specific biofunctionalization, were successfully
prepared and characterized. These systems represent a promising platform for future
targeted combination therapies.
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1 Introduction
Drug delivery systems (DDSs) are formulations or devices that enable the administration of
a therapeutic substance or a combination of different therapeutics [1-5]. The main purpose
of a DDS is to deliver drugs in a spatiotemporally controlled manner, e.g., at the desired
sites and time, with an appropriate rate of release, for a suitable duration, and within a certain
therapeutic window [1-6]. This level of control overcomes the adverse physicochemical and
biopharmaceutical properties of some drugs and ultimately improves their therapeutic
efficacy and safety [3-5]. All these ideal features of DDSs can be accomplished with drug
delivery carriers. However, conventional carriers usually exhibit uncontrolled drug delivery,
such as premature drug release, which can result in a sharp increase of drug concentrations
to potentially toxic levels [6].
The co-delivery of multiple therapeutics via the same carrier provides distinct
advantages, including the delivery of a proper ratio of each drug to the target of interest,
synergistic therapeutic effects among drugs, suppressed drug resistance, and the ability to
control drug exposure over time [7-13]. Traditional carriers are effective at the physical
encapsulation and subsequent release of hydrophobic drugs [14], but the encapsulation and
controlled release of hydrophilic payloads remains a challenge without chemical
conjugation. Therefore, the physical co-encapsulation of more than one drug can result in
batch-to-batch variability in drug loading and release kinetics, due to their varied solubility,
charge, and molecular weight. Consequently, it is important to develop a robust delivery
platform that allows precise control over the drug loading and release for simultaneously
encapsulated cargos to facilitate combination therapy, especially if hydrophobic and
hydrophilic payloads are to be co-delivered [9-11].
Due to the challenges mentioned here, the advancement of efficient and promising DDSs
with concentrated payloads of therapeutic agents to enable controlled and targeted drug
delivery is of utmost importance [2-4, 15]. In addition, the biocompatibility and
biodegradability of these DDSs is imperative and is usually associated with the efficiency
and safety of the DDSs. Thus, DDSs have unusual material requirements primarily derived
from their therapeutic role. Consequently, there are many demands placed on biomaterials
[15-19] for them to overcome the obstacles associated with drug delivery.
One promising biomaterial that has received increasing attention as a DDS is porous
silicon (PSi), which has emerged as a versatile material for biomedical applications and is
expected to revolutionize the biomaterials world [20-22]. The PSi platform, a carrier for
drug delivery and imaging applications [21, 23-25], can overcome some of the limitations
of the existing materials used for DDSs. The PSi materials possess numerous attractive
properties, such as remarkable stability, high loading capacity due to their large pore volume
and surface area, and outstanding biocompatibility [26-30]. Furthermore, PSi degrades to
non-toxic silicic acid in vivo, and the degradation rate can be controlled by adjusting the
material porosity and surface chemistry [30, 31]. Benefiting from these qualities, a wide
variety of therapeutics and imaging agents have been successfully loaded into PSi materials
to overcome the hurdles limiting the targeting and therapeutic efficiency of different
payloads [20, 26-33].

1

A key precondition for the successful application of DDSs is that the loaded therapeutic
agents should be retained and protected within the carriers until they reach the target sites
to maximize their treatment and/or imaging efficacy and minimize their toxicity,
particularly for cancer treatments. However, because the PSi pores are freely accessible,
compounds in the release medium and body fluid can interact with the loaded therapeutics,
and this can result in premature drug release, the degradation of payloads, or both [34]. This
uncontrollable release and lack of payload protection presents a major challenge for site–
selective drug delivery by PSi materials. For example, sensitive pharmaceutical compounds,
such as peptides, proteins, DNA, and RNA, can be easily degraded if the carrier cannot offer
the necessary protection.
The last two decades have seen a dramatic rise in the number of studies leading to the
development of miniaturized systems for healthcare-related applications. These
miniaturized systems are generally known as Lab-on-a-Chip (LOC), which integrates one
or several laboratory functions on a single chip with the size of a few square centimeters.
The LOC offers several advantages over macroscopic systems, including lower fabrication
costs, higher throughput, better process control, reduced reagent consumption, and greater
compactness. [35-40]. The LOC platform is based on the technology called microfluidics,
in which the devices and methods are used for manipulating nanoliter-volume fluid flows
in microscale fluidic channels [40-43].
Microfluidics has had a revolutionary impact on a wide range of applications, such as
biological analysis, chemical synthesis, tissue engineering, colloid generation, and even cell
encapsulation [41, 44, 45]. Moreover, the fluid flow manipulation offered by microfluidics
can be leveraged to control the material formation dynamics, facilitating the fabrication of
many advanced DDSs, such as single, double and higher-order emulsions, microcapsules,
nanoparticles and other colloidal DDSs. Toward each prepared carrier, the microfluidic
technology allows further precise control over shape, size, geometry, the loading of different
cargos, and release profiles [41, 46]. The control and versatility afforded by the LOC
platform and microfluidics [41, 47, 48] make them ideal for the fabrication of advanced PSibased DDSs for controlled drug delivery.
This dissertation focuses on the fabrication, by either traditional emulsion or
microfluidic technologies, and characterization of multiple therapeutics loaded into
multicomponent platform systems with precisely controlled drug loading and release. As a
result of the prominent high loading degree for both hydrophilic and hydrophobic
therapeutics, PSi particles were used to adjust the levels of different payloads incorporated
into the carrier and ultimately to control their ratios. The carrier matrix (solid lipid or pHresponsive polymer) provides a tunable layer to seal the pores of PSi particles, avoiding the
premature release of payloads and allowing the active release of the cargos at the desired
time and sites. The outer carrier matrix also offers extra space to load therapeutics that can
be different than those loaded inside the PSi particles. The controlled release (with a desired
release rate and duration) of the drug molecules from the carrier guarantees relatively stable
therapeutic levels during the treatment period. The generated multicomponent PSi-based
platform, in which the PSi particles are encapsulated by other solid carriers, overcomes
some of the current limitations of the PSi particles, enhancing the therapeutic efficiency of
the payloads and effectively decreasing their undesired side effects.
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2 Review of the literature

2.1 Porous silicon (PSi)
Porous silicon (PSi) was accidentally discovered by the Uhlirs, a husband and wife team
working at Bell Laboratories, in 1956 [49]. In the 1970s and 1980s, the PSi-based materials
were used in spectroscopic and chemical sensor applications for their high surface area [50,
51]. Since the discovery of quantum confinement effects with efficient visible
photoluminescence in 1989 [52], the application of nano-engineered Si as a semiconductor
has been intensively studied. In 1995, nano-engineered PSi was demonstrated to be both
biodegradable and biocompatible; therefore, a new era opened for the biological
applications of PSi materials [53]. The unique features of PSi materials [21, 23, 25, 26, 29,
32, 54-56], such as mechanical stability, controllable pore sizes, large surface area, high
loading capacity for almost all therapeutics, and convenient surface chemistry, have enabled
a vast number of applications and achievements in the biomedical field.

2.1.1 Fabrication of PSi
For the fabrication of PSi materials, several methods have been developed. The most widely
used is the electrochemical anodization of monocrystalline Si wafers in aqueous or nonaqueous electrolytes containing hydrofluoric acid [20, 25, 54, 57]. In this electrochemical
reaction, two electrodes maintain charge neutrality and form an electrical loop, in which the
cathode provides electrons (oxidation), and the anode removes electrons (reduction). A
schematic illustration of an electrochemical anodization cell for etching Si is shown in
Figure 1.

Figure 1.

Schematic representation of an anodization cell used to fabricate the PSi materials.
Platinum (Pt) and polytetrafluoroethylene (PTFE) are used most often because of their
chemical resistance to hydrofluoric acid. Copyright © (2007) John Wiley & Sons, Inc.,
Reprinted with permission from [56].
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In the electrochemical anodization cell (Figure 1), the anodized Si wafer is in contact
with a conductive metal anode [56, 57]. The cathode counter–electrode is typically Platinum
(Pt). After applying an etching current between the two electrodes, a porous layer is formed
on the surface of a Si wafer. Good electrical contact is critical for the formation of a
homogeneous PSi layer, which can be achieved by metal deposition on the backside of the
Si wafer. To reduce the formation of hydrogen bubbles and to improve the electrolyte
penetration in the pores, which improves the uniformity of the PSi layer, ethanol or other
surface tension-reducing agents can be added to the electrolyte [20, 57].
The properties of PSi materials, such as porosity, porous layer thickness, and pore size
and shape, are controlled by the electrochemical anodization process, which is controlled
by a complicated mixture of electronic and chemical factors [57, 58]. These factors include
hydrofluoric acid concentration, electrolyte composition, current density, wafer type and
resistivity, crystallographic orientation, temperature, and illumination intensity and
wavelength [57, 58]. All potential factors should be considered and optimized to fully
control and tailor the properties of the fabricated PSi materials.

2.1.2 Surface chemistry and stabilization of PSi
The freshly etched PSi is hydrogen terminated to form the hybrids SiH, SiH2 and SiH3.
However, this hydrogen-terminated Si surface is unstable and prone to rapid oxidation in
air [25, 57, 59-62]. Therefore, the PSi films gradually age over time, changing from the
hydrophobic, hydrogen-terminated surface to a hydrophilic, oxidized surface [25, 59, 62].
The oxidation rate and extent depend on many factors, such as the relative humidity,
temperature and the composition of the air. Consequently, both the structural and optical
properties of PSi materials change continuously during storage.
To stabilize etched PSi materials, different surface treatments can be leveraged,
including controlled oxidation, the introduction of Si−C bonds through thermal
hydrocarbonization, carbonization and hydrosilylation, and biofunctionalization [25, 54,
56]. Among these treatments, oxidation is the most promising stabilization method.
Different types of oxidation have been studied, such as thermal, anodic, photo and chemical
oxidations [57]. Furthermore, thermal annealing of the PSi in a nitrogen atmosphere [63]
and nitridation of the surface with ammonia [64] have been frequently employed. Thermal
annealing only affords limited stabilization, but the accompanied coarsening of the PSi
structure enables the modification of pore size distribution after anodization, which is
beneficial for drug delivery applications [65]. Moreover, the chemical derivatizations of the
PSi surface with organic compounds and the formation of Si−C bonds have been performed
and have shown advantages in the stabilization of anodized PSi [66].
The main stabilization methods that can be efficiently performed in gas are as follows:
(1) thermal oxidation (SiO2) of PSi (TOPSi) [67], ambient atmosphere treatment at slightly
elevated temperatures to form hydrophilic and negatively charged surfaces; (2) thermal
hydrocarbonization (Si−C−Hx) of PSi (THCPSi) [68], treatment in acetylene flow with
elevated temperatures to form hydrophobic and negatively charged surfaces; and (3) thermal
carbonization (SixCy) of PSi (TCPSi) [69], treatment at high temperatures of acetyleneadsorbed PSi to form extremely stable, hydrophilic and negatively charged surfaces. Further
4

functionalization of the PSi materials can be performed in liquid phase for the surfaces
mentioned above, including the following methods: carboxylation [70], hydrophilic or
hydrophobic negatively charged surfaces can be obtained depending on the method used;
amine modification (−NH2) [71], treatment of the hydrophilic carbonized surface creates
amine-terminated surfaces with positive surface charges.

2.1.3 Biocompatibility and biodegradability of PSi
Both in vitro and in vivo approaches are required to evaluate the biocompatibility of
materials used for drug delivery [72]. The effects of the biomaterials in contact with cells,
as well as any residual solvents, degradation products, etc., should always be considered. In
spite of the absence of cytotoxicity, a material may still induce inflammatory reactions that
can be harmful to the body [73], and thus, in vivo experiments are required to understand
biocompatibility.
As a result of the unique properties of PSi materials, they have been approved for clinical
trials in brachytherapy [74, 75]. Furthermore, PSi-based implantable DDSs for chronic eye
disease treatment have also been tested [76]. The BrachySilTM has completed its initial
safety study, and a phase II clinical trial for pancreatic cancer is in process [74, 77]. This
product is a combination of PSi and phosphorus-32. Due to their porosity, the PSi particles
are immobilized within tissues, and they deliver a restricted and targeted dose of beta
radiation without significant leakage.
Following the first biocompatibility assessment of PSi [53], extensive studies of the PSi
materials for biomedical applications have been conducted. Recently, the biocompatibility
of PSi membranes in rat eyes has been investigated [26]. The thermally oxidized,
aminosilanized PSi materials with pore sizes of 40–60 nm dissolved slowly (> 8 weeks)
when implanted under the rat conjunctiva. The implanted PSi membrane did not erode the
surrounding tissue. In addition, scant evidence of the accumulation of inflammatory cells or
vascularization around the inserted PSi membranes was observed [26].
To further understand the biocompatibility of PSi materials, Shahbazi and co-workers
[78] have evaluated the impact of the surface chemistry on the interaction between PSi
nanoparticles and cells, both in vitro and in vivo. Regardless of the surface hydrophilicity
and hydrophobicity, more ATP depletion and genotoxicity was introduced by the positively
charged PSi nanoparticles than by negatively charged ones. Furthermore, red blood cell
hemolysis and scanning electron microscopy (SEM) imaging analysis demonstrated a
noticeable correlation between the surface properties and the extent of morphological
changes. For the in vivo test, despite the mild renal steatosis, glomerular degeneration,
hepatic central vein dilation and white pulp shrinkage in the spleen, no notable changes were
observed for the biochemical and hematological factors in the serum [78].
The degradation of PSi materials can be regulated by varying their overall porosity, pore
size and surface properties, which in turn can be controlled by the material fabrication
parameters [24, 56, 79]. The PSi materials degrade primarily into silicic acid, [Si(OH)4],
which is the non-toxic natural environmental form of Si that can protect against the toxic
effects of aluminum [56]. For example, the biodegradability of PSi microparticles with
different surface treatments, including hydrosilylation and oxidization, was evaluated after
5

injection into rabbit vitreous humor [80]. For at least 4 months, no toxicity was observed
with any type of PSi microparticles. Surface hydrosilylation noticeably enhanced stability
and slowed degradation. After surface treatment, the estimated intravitreal half-life of PSi
microparticles increased from 1 week (as-etched particles) to 5 weeks (oxidized particles)
or 16 weeks (hydrosilylated particles) [80].
In addition, Nieto and co-workers have studied the ocular distribution and clearance of
Si after the intravitreal injection of freshly etched or oxidized PSi microparticles [81]. For
the intravitreal injection of oxidized PSi microparticles, the free Si(OH)4 concentration in
the aqueous humor was approximately 1.4 times higher than in the retina; the area under the
concentration-time curve (AUC) of silicon in the aqueous humor was approximately 5 times
higher than in the retina. Similar results were obtained for the freshly etched PSi
microparticles; for example, the free Si(OH)4 concentration in the aqueous humor was 1.1
times higher than in the retina, and the AUC for the aqueous humor was about twice the
AUC for the retina. The mean residence time for oxidized PSi microparticles was 16 days
in the aqueous humor, 13 days in vitreous humor, 6 days in the retina, and 18 days in plasma.
After the intravitreal injection of the PSi microparticles, more than 80% of Si(OH)4 was
cleared through the anterior or aqueous humor pathways [81].

2.1.4 Applications for drug delivery
An ideal DDS should not only have excellent stability under physiological conditions but
also efficiently encapsulate active substances and control their release [19, 82-85]. PSi
materials have emerged as a versatile material for drug delivery to overcome some of the
limitations of the existing DDSs [86-89]. This emergence can be ascribed to the numerous
attractive properties offered by the PSi materials [1, 5, 30, 31, 78, 90, 91]. Since the first
report of the delivery of insulin across the cell monolayer by PSi materials [92], a vast
number of studies have been performed demonstrating the potential applications of PSi in
drug delivery [20, 56, 93]. Among these studies, various therapeutics, ranging from small
molecules [55, 94-96] to peptides [97, 98], proteins, antibodies [99], nucleotides [100], and
even small nanoparticles [24] have been successfully delivered by PSi materials.

2.1.4.1 Drug loading
The loading of therapeutics into porous structured carriers is primarily governed by the
viscosity of the payload materials, which determines the diffusion rate of the drug molecules
into the pores [20]. In addition to the payloads, the characteristics of PSi also play an
important role in the final outcome of the drug-loaded PSi, including the chemical nature of
PSi particles, their pore structure, size and morphology, and the surface chemistry and
charge [55, 56, 79, 101]. The payload molecules can also change the physicochemical
properties of PSi materials. Various approaches to load cargos into the PSi materials have
been developed, and they can be divided into the following general categories: immersion,
oxidation-induced trapping, impregnation and covalent attachment [20, 24, 25, 56].
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The most widely used method to load drug molecules into PSi materials is the immersion
method [20, 25, 54, 102]. In this method, the PSi material is dispersed into the drug solution
at a suitable concentration in a suitable solvent. After reaching equilibrium, meaning that
the loading agent fills the pores’ volume, the drug-loaded PSi particles can be obtained by
filtration or centrifugation. The amount of drug molecules loaded is largely determined by
the pore volume and the concentration of the drug-loading solution. Furthermore, the
surface tension and viscosity of the drug-loading solution can also affect the drug-loading
degree in PSi materials.
In impregnation, a controlled amount of drug solution is added onto the PSi layers, and
the loading of therapeutics is achieved through diffusion driven by capillary action [56, 57,
79, 103]. Because the drug molecules can be efficiently loaded, this method is suitable for
expensive therapeutics. A special case of the impregnation method is loading active
substances in a molten phase. However, this approach requires the payload molecules to be
stable at temperatures higher than their melting points. Moreover, the viscosity of the molten
substances must be low enough to allow the active substance to efficiently diffuse into the
pore structure.
Oxidation-induced trapping can provide the efficient loading and sustained release of
various guest molecules because extra oxygen atoms on the Si surface allow a volume
expansion during the Si oxidation process. For instance, with the help of aqueous ammoniainduced oxidation, iron oxide (Fe3O4) nanoparticles have been successfully trapped in the
PSi materials [104, 105]. In addition to ammonia, both the vapor phase of pyridine [106]
and the nucleophilic groups from drug molecules [56] can accelerate the oxidation process
for freshly etched PSi materials. Recently, Fry and co-workers [107] simultaneously loaded
two drugs (cobinamide or rhodamine B) with an oxidizing agent, nitrite, into freshly etched
PSi materials. The drug-loading degree was significantly increased, and most importantly,
the drug release was markedly prolonged [107].
Covalent grafting provides a convenient approach to link therapeutic molecules to the
PSi surfaces (inner and outer) for controlled drug delivery [70, 108]. The chemical
attachment offers the potential to control the release of payloads, which takes place when
the attached covalent bonds are broken or the PSi material is degraded. The cleavage rate
of the attached covalent bond is affected by the bond type, the structure of the payload
molecule, and the type of linker. The drug-loading degree for covalent grafting is
determined by the relatively limited number of linkers on the surfaces (inner and outer) of
the PSi materials. Therefore, in covalent grafting, the maximum loading degrees are
inevitably lower than those of the physical adsorption approaches. Moreover, the activity of
the released payload molecules should be evaluated to ensure that the released drug has not
been inactivated.

2.1.4.2 Delivery of poorly water–soluble molecules
In drug discovery, the application of combinatorial chemistry and high-throughput
screening often lead to new active substances with high molecular weight (MW) and
lipophilicity and therefore poor aqueous solubility [109-111]. However, the active
compounds must be present in the dissolved state at the site of absorption during oral
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administration and then enter the circulatory system to be effective [109, 112-114]. In this
situation, the oral delivery route is becoming increasingly challenging. Thus, many
approaches have been developed to improve the aqueous solubility of drugs, such as salt
formation [115], co-solvents, complexes with cyclodextrins [116], changing the solid state
properties of the drugs [117], nanocrystallization [118-121], and drug loading into the pores
of porous structured materials [20].
When drug molecules are loaded into the PSi materials, many of these problems can be
overcome. The PSi materials, due to their large surface area and pore volume, can
accommodate large quantities of payload molecules [5, 56, 122]. Furthermore, the active
substances are confined in the pores, thus retaining an amorphous (non-crystalline) or
nanocrystalline form with improved dissolution properties [55, 123]. A variety of poorly
water–soluble drug molecules, such as indomethacin (IMC) [87, 124, 125], ethionamide
[33], ibuprofen [55, 126], griseofulvin [55], itraconazole (ITZ) [95], saliphenylhalamide
(SaliPhe) [89] and furosemide (FUR) [55], have been loaded into the PSi matrix, and their
release rates have been drastically enhanced in comparison with the bulk drugs.
Recently, IMC-loaded PSi microparticles have been successfully formulated into a
conventional tablet by the direct compression technique [125]. The release rate of IMC and
its permeation rate across an intestinal cell model (Caco-2) were improved compared to the
bulk IMC tablets. This study suggested that even after compression into tablets, the drugloaded PSi materials can still contribute to an enhanced drug dissolution profile. Ibuprofen
has also been loaded into the PSi microparticles with different surface chemistries and pore
diameters (11–75 nm) [126]. The loaded ibuprofen formed three different thermodynamic
states within the PSi materials: a crystalline state outside the pores, a nanocrystalline state
in the center of the pores, and a disordered state between the pore wall and the
nanocrystalline core. Consequently, an increase in the dissolution rate of the drug was
achieved, which can be attributed to the low lattice energy of the amorphous drug molecules
inside the pores [127].
SaliPhe, a compound that inhibits influenza A viruses (IAV), has been loaded into
THCPSi nanoparticles [89]. The SaliPhe-loaded THCPSi nanoparticles reduced the number
of IAV-infected cells at non-cytotoxic levels. Compared to free SaliPhe in dimethyl
sulfoxide, a wider therapeutic window was found for the SaliPhe-loaded THCPSi
nanoparticles. Thus, PSi nanoparticles are ideal carriers for efficient antiviral delivery [89].
Kinnari and co-workers compared the PSi and porous silica microparticles as drug delivery
carriers for a hydrophobic drug, ITZ. For both microparticles, the loaded ITZ was in an
amorphous form that enhanced ITZ’s solubility and dissolution rate. After storage under
harsh conditions, the loaded ITZ in silica particles showed similar release profiles as the
loaded particles prior to storage. However, the ITZ loaded in PSi microparticles was
completely degraded after storage.

2.1.4.3 Peptide/protein delivery and functionalization
Benefiting from the advances in biomedicine, a vast number of peptides and proteins with
clinical benefits have been discovered over the past decades. However, due to their short
half-lives and poor stability, many efforts have been made to improve their delivery through
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various administration routes. As for the PSi materials, the drug loading is performed after
the harsh steps in carrier fabrication [98, 128-130]. Moreover, the loading process can be
performed at room temperature without any strong solvents. All of these attributes make the
PSi materials an ideal carrier for sensitive peptides/proteins.
The PSi materials have been investigated for sustained subcutaneous peptide and protein
delivery. For example, glucagon–like peptide 1 (GLP-1) can stimulate insulin secretion and
inhibit glucagon secretion, and thus it is a promising candidate for the treatment of type 2
diabetes [131]. Huotari and co-workers [132] investigated the impact of the PSi surface
chemistry on GLP-1 loading and release. Because the isoelectric point (pI) of GLP-1 is
approximately 5.4 and it is negatively charged in the loading solution, the loading degree of
GLP-1 in positively charged PSi particles was 3–4-fold higher than in negatively charged
PSi particles. The loaded GLP-1 PSi microparticles decreased the blood glucose levels after
a single subcutaneous injection.
Another model peptide, D-lys-GHRP6 (ghrelin antagonist, GhA), was loaded into the
THCPSi microparticles (38–53 µm) with a high loading degree (20%, w/w). After a single
subcutaneous administration, the GhA–loaded PSi did not acutely change the plasma
cytokine concentrations [97], suggesting that THCPSi materials can be used for
subcutaneous administration. Pancreatic peptide YY3-36 (PYY3-36) has also been loaded
into both PSi micro- [130] and nanoparticles [128]. After subcutaneous injection, loaded
PYY3-36 PSi nanoparticles showed sustained release in mice over 4 days with good
bioavailability. Regardless of the surface chemistry, the pharmacokinetic parameters of
different loaded PYY3-36 PSi nanoparticles were similar to each other [128].
In addition, the loaded peptides and proteins can also act as functional moieties for the
PSi materials. Sarparanta and co-workers [133] developed a bioadhesive–gastroretentive
DDS by functionalizing THCPSi nanoparticles with a class II hydrophobin (HFBII) protein
expressed in Trichoderma reesei. HFBII is capable of increasing the biocompatibility of the
material in vitro and increasing the transit time of the PSi nanoparticles in the
gastrointestinal tract (GIT) of rats [133, 134]. After oral administration in rats, the HFBII–
coated 18F-THCPSi (HFBII-18F-THCPSi) nanoparticles were retained in the stomach, more
specifically in the glandular stomach mucosa, for up to 3 h. After coating with HFBII, the
intravenously administered HFBII-18F-THCPSi nanoparticles were still concentrated
primarily in the liver and spleen [135]. The coating with HFBII significantly altered the
liver:spleen ratio of the nanoparticles. To understand this differential sequestration, a
proteomic characterization of the plasma protein corona formed on the respective particles
was conducted [135]. The identity of the adsorbed plasma proteins was found to vary
considerably before and after the protein surface coating of the PSi nanoparticles.
Recently, PSi nanoparticles were functionalized with a tumor–homing peptide [88] that
targets mammary-derived growth inhibitor (MDGI)–expressing cancer cells. After
functionalization with a tumor–homing peptide, the PSi nanoparticles were more stable in
human plasma, and their retention by MDGI–expressing cancer cells was markedly
increased. More importantly, an approximately 9–fold higher accumulation in the MDGI–
expressing tumors was observed for the tumor–homing peptide–functionalized PSi
nanoparticles [88]. Furthermore, Wang and co-workers [136] developed a simple and
efficient method based on copper–free click chemistry to introduce targeting moieties onto
the PSi nanoparticles. After functionalization, the intracellular level of the PSi nanoparticles
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was remarkably enhanced, resulting in an efficient intracellular drug delivery and an
increased in vitro antiproliferative effect.

2.1.4.4 Delivery of genes and other cargos
To reap the full benefits of gene therapy, effective gene delivery systems are highly desired.
It has been shown that non-viral gene delivery systems are superior to their viral
counterparts due to easy preparation, lower cost, enhanced biocompatibility, and improved
biosafety [137-140]. Over the past decades, much attention has been given to PSi-based
gene delivery, such as the delivery of EphA2 small interfering RNA (siRNA) for ovarian
cancer therapy [100, 141] and ataxia telangiectasia mutated (ATM) siRNA for breast cancer
therapy [142].
Branched and linear polyethylenimines (PEIs) are proving to be efficient and versatile
agents for gene delivery [143, 144]. Zhang and co-workers [142] have fabricated a PEIgrafted PSi microparticle with a pore size of 20–60 nm. These PEI-grafted PSi
microparticles were subsequently complexed with siRNA for human breast cancer
treatment. The PEI/siRNA complexes (15–30 nm) were released in a sustained pattern
through the gradual degradation of the PSi matrix under physiological conditions. Gene
knockdown against ATM by the PSi–PEI/siRNA particles showed considerable gene
silencing efficacy. In addition, remarkable biocompatibility was detected for the PSi–
PEI/siRNA particles both in vitro and in vivo.
A PSi microparticle-based multistage delivery system loaded with gene delivery
nanocarriers has also been developed [24, 100, 141, 145-147]. To enable the loading of gene
delivery nanocarriers, a series of PSi microparticles with a much larger pore size (i.e., with
an average diameter of 20–150 nm) was fabricated [148]. Taking advantage of the large
pore size, nanocarriers packed with genes can be loaded into the pores of the PSi particles
to achieve sustained delivery to target tissues. In a typical multistage vector approach,
charged nanoliposomes packed with siRNA were loaded into PSi microparticles through
electrostatic attraction and capillary force. After administration, the PSi particles gradually
degraded to release the loaded nanoliposomes. Quasi-hemispherical and discoidal PSi
microparticles were found to be superior to spherical particles with respect to margination
in vivo [23].
In addition to genetic materials, other nanoparticles, including quantum dots (QDs) [149]
and carbon nanotubes [150], have also been incorporated into PSi materials. Taking
advantage of the nanoscale effect, hollow gold nanoshells (HAuNSs) have been loaded into
the interior of the pores of PSi microparticles to explore their potential for photothermal
therapy [151]. Similar to the nanoliposomes, HAuNS were also loaded into PSi by a
combination of capillary force and surface charges. The HAuNS–PSi microparticles showed
remarkable photothermal ablation effects and were also much more efficient at heat
generation. Because of the red shift offered by the HAuNS–PSi microparticles, this system
can penetrate deeper into tissues. In addition, Gu and co-workers [105] have incorporated
Fe3O4 nanoparticles into luminescent PSi microparticles, which have both fluorescent and
magnetic properties. Consequently, a model drug, doxorubicin (DOX), has been loaded into
the composite microparticles with a prolonged drug release profile that is controlled by the
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degradation of the PSi matrix. The in vitro localized delivery of therapeutics to cancer cells
was accomplished under the guidance of a magnetic field.

2.1.4.5 PSi-based controlled drug delivery
The efficient delivery of active substances often requires a specific carrier for encapsulation
and release. Such a carrier must effectively protect the therapeutics from the harsh
conditions of the human body (e.g., very acidic or alkaline pH-conditions) while providing
suitable and efficient release of the payloads. However, due to the freely accessible open
pores of the PSi materials, the release media or body fluids can directly interact with the
loaded therapeutics, resulting in premature drug release and payload degradation. Different
approaches have been employed to address this issue, such as physically covering the pore
openings [152, 153], chemically grafting pore gating systems [154], the cathodic growth of
mineral phases onto the PSi materials [155], and the encapsulation of PSi particles within
other carriers [156].
Polylactic acid (PLA) is a favorite biodegaradable polymer that has been widely used in
biomedical applications [157]. Mclnnes and co-workers [152] have compared different
methods, including grafting PLA onto the PSi film (PSi–PLA; grafted), spin–coating of bulk
PLA onto the PSi films (PSi–PLA; spin–coated) and the mixing of PSi microparticles into
a molten PLA matrix (PSi–PLA monoliths), to control the release of payloads from the PSi
materials. No sustained release profiles were observed from the PLA–grafted PSi
composites, which also showed a substantial burst release. The payloads from the spin–
coated PSi–PLA were sustainably released over 7 days. In addition, the release rate of the
payloads from the spin–coated composites was regulated by the thickness and infiltration
depth of the PLA materials into the PSi film. In contrast, the PSi–PLA monoliths showed
the slowest drug release, which lasted for more than 1 month.
One critical property of PSi materials for their optimal use in drug delivery is the
inclusion of a stimulus-responsive system to regulate pore access, thus only releasing the
cargo on demand without premature release. A series of pH-responsive supramolecular
nanovalve systems to control the release of payloads from mesoporous silica nanoparticles
has been demonstrated [158-161]. Recently, this approach was tested with PSi nanoparticles
[154]. The rod–shaped PSi nanoparticles (200–400 nm long and 100–200 nm in diameter)
were functionalized with a cyclodextrin-based nanovalve that was closed in physiological
conditions (pH 7.4) but open in acidic conditions (pH <6). The release profiles of a
fluorescent biological staining dye, Hoechst 33342, were evaluated in both water and tissue
culture media at pH 7.4 and pH 5.0. No cargo leaked when the valves were closed, and
release occurred immediately after changing the pH to 5.0. The interaction with human
pancreatic carcinoma PANC-1 cells illustrated that these nanoparticles were internalized,
and the payloads were then released in response to lysosomal acidity.
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2.2 Microfluidics for drug delivery applications
The advances in material sciences, electronics, physics, chemistry, biochemistry,
nanotechnology and biotechnology have dramatically accelerated the development of
miniaturized systems for healthcare–related applications [162-164]. These miniaturized
systems are generally known as LOCs and fulfill the concept of shrinking traditional bench
systems down to the size of a few square centimeters, offering several advantages over
macroscopic systems [35, 41, 165]. Microfluidics, the science and technology of
manipulating nanoliter and sub-nanoliter volumes (10–9 to 10–18 liters) in microscale fluidic
channels with dimensions of tens to hundreds of micrometers, is the foundational concept
behind LOC technology [41, 166].
Microfluidics offers precisely controlled high-throughput applications for
pharmaceutics, including bioassays, drug screening and diagnostics, and the fabrication of
novel functional materials. The most outstanding advantage of droplet microfluidics is the
ability to produce monodisperse droplets with narrow size distributions (< 1% size
variation) and high batch-to-batch reproducibility [41, 46]. All the advantages offered by
microfluidics, particularly the encapsulation of different cargos (e.g., therapeutics, imaging
modalities, targeting moieties, and even particles and cells) with a theoretical efficiency of
100% [41, 47, 48], make it ideal for the fabrication of advanced DDSs. This section of the
literature review briefly introduces various methods for producing single emulsions,
multiple emulsions, and nanocarriers by microfluidic technology.

2.2.1 Microfluidic generation of microcarriers
The materials used to fabricate microfluidic devices can be divided into four main categories:
glass capillaries [167, 168], polydimethylsiloxane (PDMS) [166, 169], metal [170, 171],
and poly(methyl methacrylate) [172, 173]. Glass capillaries have been widely used to
fabricate microfluidic devices because of their inherent advantages, including chemical
resistance, excellent optical properties, low electrical conductivity, smooth surface, easily
and precisely controlled surface wettability, and convenient surface functionalization [167,
174, 175]. Capillary microfluidic devices consist of the coaxial assemblies of a series of
glass capillaries on glass slides. Because of their truly three-dimensional geometry, glass
capillary microfluidic devices enable the highly controlled production of monodisperse
droplets that serve as the precursors of desired carriers.
The preparation of emulsions through microfluidics involves the injection of the
dispersed phase into another immiscible or partially immiscible continuous phase through
a specially designed microfluidic device. Inside the device, droplets are sheared off at the
junction where the different phases meet. The most common and frequently used geometries
for microfluidic devices include T-junction [176-181], co-flow [182, 183], flow–focusing
[184, 185], and cross flow [186, 187]. This section of the literature review is focused on the
fabrication of microcarriers by glass capillary microfluidic devices, for which the most
widely used patterns are co-flow, flow–focusing, and their combination, as shown in Figure
2.
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Figure 2.

Microfluidic strategies for the generation of emulsions. (a) Schematic of a co-flow glass
capillary device for making single emulsion droplets. Arrows indicate the flow
direction of fluids and drops. (b) Schematic of a flow–focusing capillary device for
making single emulsion droplets. (c) Schematic of a double emulsion capillary
microfluidic device that combines co-flow and flow–focusing. Copyright © (2012) The
Royal Society of Chemistry, reprinted with permission from [167].

2.2.1.1 Single emulsion prepared by co-flow devices
To fabricate a single emulsion glass capillary device, a round glass capillary was heated and
pulled to create a tapered geometry that culminates in a fine orifice; then the tapered round
capillary is inserted into a square glass capillary [174, 188]. The coaxial alignment of the
two capillaries is achieved by using a square capillary with an inner diameter equivalent to
the outer diameter of the round capillary. In the co-flow geometry (Figure 2a), the inner
and outer fluid phases flow in the same direction. The inner fluid flows inside the round
capillary, and the outer fluid flows between the square and round capillaries, resulting in a
three-dimensional coaxial flow of the two fluids [182, 189]. Individual drops are produced
periodically at the orifice of the round glass capillary. At low flow rates of both fluids,
droplets grow spherically from the tip of the inner tube until they reach a size where the
viscous drag exerted by the co-flowing continuous phase exceeds the interfacial tension (the
dripping regime). At faster flows, the dispersed phase forms a thin stream that breaks into
droplets further downstream (the jetting regime).
Currently, the preparation of complex microgels with controllable shapes to mimic the
functionality of natural cells in artificial systems for biomedical applications remains a
challenge [190]. Hu and co-workers [191] have developed a simple method to generate
microgels with different shapes by a co-flow glass capillary microfluidic device. The shape
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of the microparticles plays an important role in the drug release profile. Iopamidol-loaded
alginate microgels with different shapes displayed different release kinetics [191]. The
spherical microgel reached its release equilibrium at approximately 100 min, whereas a
much shorter time (approximately 50 min) was needed for the mushroom-like microgel.
Furthermore, the release of iopamidol from the spherical microgel, which is proportional to
the square root of time, was controlled by Fickian diffusion, whereas the mushroom-like
microgel exhibited a rapid initial burst release followed by a sustained release over a 100min period. The release rate of payloads from the pear-like microgels was between those of
the spherical and mushroom-like microgels.

2.2.1.2 Single emulsion prepared by flow–focusing devices
In the flow–focusing geometry [192, 193], the dispersed phase flows inside the square
capillary, and the continuous phase flows between the square and round capillary in the
opposite direction (Figure 2b). The dispersed phase is focused by the continuous phase
through the narrow orifice of the tapered round capillary, which is known as hydrodynamic
flow–focusing [176, 194]. The continuous phase exerts pressure and shear stress that force
the dispersed phase into a narrow thread, which breaks inside or downstream of the orifice
and generates droplets in the collection capillary. A major advantage of the microfluidic
flow–focusing devices (MFFDs) compared to the co-flow devices is that they can be used
to produce smaller droplets than those at the entrance of the collection channel.
Four distinct regimes of drop generation in MFFDs are squeezing, dripping, jetting and
tip–streaming [174]. The squeezing regime is characterized by droplet sizes that are roughly
equal to the orifice size [195]. In the dripping regime, the dispersed phase jet narrows due
to viscous stresses from the continuous phase, and the resulting droplet sizes are within one
order of magnitude smaller than the orifice size. In the jetting regime, the dispersed phase
forms a long jet that extends downstream of the orifice, resulting in a less controlled droplet
breakup. The droplet size is larger than in the dripping regime and can be larger than the
orifice size [195]. The tip–streaming regime takes place in the presence of surfactants and
at high flow rate ratios of the outer to inner phases (˃300) [195].
Degradable porous polymer microparticles are promising carriers for drug delivery.
With the aid of a MFFD, Duncanson and co-workers [196] fabricated porous monodisperse
PLA and poly(lactic-co-glycolic acid) (PLGA) microparticles. A dendrimer–fluorophore
complex was selected as the pore–forming agent to monitor the formation of microbubbles
in the polymer matrix of the obtained microparticles. As shown in Figure 3a and b, the
addition of dendrimer formed pores in the microparticles. Furthermore, the pore size can be
tailored by varying the type of dendrimer–dye complex used. The release of active
substances from PLA and PLGA particles was achieved through polymer degradation by
ester hydrolysis [197]. Degradation is more rapid for large surface areas; therefore, porous
microparticles are expected to have a faster degradation rate [198, 199]. Due to the pore
structure and larger surface area, the release rate of Nile Red from the porous PLGA
microparticles was remarkably faster than that from the microparticles with no pores
(Figure 3c).
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Figure 3.

SEM images of PLA microparticles made (a) with dendrimer–dye complex and (b)
without dendrimer–dye complex. (c) Cumulative release of Nile Red from porous (black
circles) and non-porous (open squares) PLGA microparticles in 0.1 M HCl. Copyright
© (2012) The Royal Society of Chemistry, reprinted with permission from [196].

2.2.1.3 Microfluidic fabrication of double emulsions
Double emulsions are generally prepared with a combination of the co-flow and flow–
focusing geometries. One of the common devices used to produce double emulsions consists
of two round capillaries arranged end-to-end within a square capillary (Figure 2c) [193,
200, 201]. The inner fluid is pumped through the tapered–round capillary, while the middle
fluid co-flows through the outer square capillary. The outermost fluid flows through the
outer square capillary in the opposite direction to flow–focus the coaxially flowing stream
of the other two fluids. A double emulsion is formed when the three fluids enter the
collection tube. In addition, the shell thickness can be controlled by adjusting the ratio of
the middle phase flow rate to the inner phase flow rate [202]. To obtain shells of nanometer
scale (100 nm or even less), a modified design was used with a biphasic flow in the injection
capillary [203, 204]. A shell can undergo self-assembly upon the removal of solvent,
resulting in the synthesis of giant vesicles, such as liposomes [205], polymersomes [206]
and colloidosomes [207].
Lipid vesicles have long been considered promising drug delivery carriers, which is due
to their outstanding biocompatibility, convenient surface functionalization and ability to
encapsulate hydrophobic, hydrophilic or amphiphilic drugs [208]. Lipid vehicles prepared
by droplet microfluidics can efficiently encapsulate large quantities of drugs within their
aqueous cores, particularly hydrophilic drugs [209]. Making use of the microfluidics,
Herranz-Blanco and co-workers [210] fabricated a multistage DDS consisting of
encapsulated PSi microparticles embedded within the aqueous core of lipid vesicles (Figure
4a–b). The presence of THCPSi microparticles within the aqueous cores of the lipid vesicles
improved the cytocompatibility of the THCPSi microparticles as well as the loading
capacity for hydrophobic piroxicam in the vesicles. Moreover, at pH 7.4 and pH 6.0, the
15

encapsulated drug showed a prolonged drug release from the THCPSi–lipid vesicles
compared to the bare THCPSi microparticles (Figure 4c).

Figure 4.

(a and b) Optical microscope images showing a suspension of THCPSi–lipid vesicles,
in which the vesicle stably encapsulates the THCPSi microparticles, as noted by the
blue region. (c) The release of piroxicam from THCPSi microparticles and THCPSi–
lipid vesicles at pHs of 7.4 and 6.0, 37 °C. Copyright © (2014) The Royal Society of
Chemistry, reprinted with permission from [210]. (d–f) Controlled release of two
encapsulated drugs, DOX (red) and paclitaxel (PTX, green), visualized with
fluorescence spectroscopy at 37 °C. The particle shell is composed of a lipid with a
melting range near body temperature (33.5–35.5 °C); thus the drugs are released when
the shell melts. Copyright © (2013) American Chemical Society, reprinted with
permission from [211].

The simultaneous loading of multiple active substances in a single carrier offers great
advantages for applications involving the synergistic combinations of therapeutics.
Windbergs and co-workers [211] generated a novel thermoresponsive core−shell carrier in
a one–step, solvent–free process on a microfluidic chip. For this carrier (Figure 4d), a
hydrophilic drug (DOX) was encapsulated inside the aqueous core, and a hydrophobic drug
(PTX) was embedded in the solid shell. Particle size and composition can be precisely
controlled, and the core and shell can be individually loaded with very high efficiency. At
37 °C, the shell becomes fluidized (Figure 4e–f), and the inner phase droplets can move
freely within the molten lipid and ultimately coalesce with the surrounding phase, thereby
releasing the hydrophilic drug. This dual–drug loaded system also efficiently inhibited the
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growth of two cancer cell lines, mouse hybridoma cells (ED 19) and human cervical cancer
cells (HeLa S3). This platform has large potential for simultaneously encapsulating active
compounds with different physicochemical properties.

2.2.2 Microfluidic production of nanocarriers
Nanocarrier DDSs are nanometer-scale carriers used to deliver a wide range of drugs or
biomolecules with temporal regulation to various sites of the body to overcome therapeutic
challenges [212]. Nanocarriers can be prepared by traditional methods, but they have faced
critical challenges, including polydisperse size distribution and batch-to-batch variability in
nanocarrier physicochemical properties [213, 214]. These challenges can be ascribed to the
lack of precise control in the mixing processes. Taking advantage of the ability to tune nanoand microscale interactions among precursors, microfluidic formulation processes offer
effective control over the characteristics of produced nanocarriers, leading to a narrow size
distribution and high batch-to-batch reproducibility [41, 46]. Benefiting from these
advantages, microfluidic control of diffusion, emulsification, and mixing have been
employed recently for the continuous preparation of a variety of nanocarriers, including
liposomes [215], polymeric micelles [216], polymeric nanoparticles [7], and lipid–polymer
hybrid nanoparticles [213].
PDMS has become a remarkably popular material in microfluidic device fabrication due
to its numerous advantages, such as elastomeric properties, biocompatibility, optical
transparency, ease of molding into sub-micrometer features and low manufacturing cost.
Soft lithography is a widely used technique to fabricate PDMS microfluidic devices [217219]. Although it is very sensitive to organic solvents, and treatments are required to make
it solvent–resistant, PDMS has great resolution and can contain sub-micrometer features,
which greatly facilitate the preparation of nanocarriers. The following section discusses
carriers prepared by PDMS microfluidic devices.

2.2.2.1 Nanoliposomes and polymersomes
Liposomes or lipid vesicles are self-assembled lipid structures in the shape of closed
membrane capsules. They can act as biomimetic compartments with a membrane that
closely resembles those of living cells, encapsulating materials such as DNA, proteins,
drugs, or other therapeutics [209, 220]. They can be formed, manipulated, and modified in
a variety of ways, and due to their similarity to cells and naturally occurring vesicles, they
have been extensively studied. A microfluidic flow–focusing method for nanoliposome
production has been demonstrated by Jahn and co-workers [221]. This elegant technique
consists of a central flow of a phospholipid–containing ethanol solution, which was focused
at a microchannel cross-junction between two aqueous buffer streams. As the three flows
merge into a main microchannel, the ethanol diffuses into the aqueous solution. After the
dilution of ethanol passes a critical threshold, the lipids spontaneously self-assemble into
nanoliposomes. Depending on the flow rates, the monodispersed carriers that are produced
have diameters between 50–150 nm [215, 221].
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Applications of liposomes have been limited due to their insufficient stability and the
occasional unregulated release of encapsulated active agents [222]. In this case, block
copolymer vesicles or “polymersomes” have attracted increasing interest due to their
excellent stability and the potential to control the release of payloads [223, 224]. For the
polymersomes, MFFDs can be used to control their size. By altering the flow rate ratio in
the water and ethanolic inlet channels, the polymersome size can be tuned over a large size
range from 40 nm to 2 μm with narrow size distributions and excellent reproducibility [225].
The polymersomes are formed at the ethanol/water interface. A hydrodynamically wellcontrolled nucleation and growth process leads to the observed dependence of polymersome
size on the flow rate ratio.

2.2.2.2 Polymeric nanoparticles
The production of polymer-based nanoparticles in microscale devices has been intensively
studied. However, only a limited number of studies have reported the preparation of
polymeric nanoparticles using the microfluidic approach. The large majority of these studies
rely on diffusion limited mixing processes to induce the self-assembly of polymers.
A microfluidic-based production of dual–drug loaded nanoparticles with precise control
over the ratio of payloads with varying physicochemical properties has been developed [7].
For the water–soluble Pt(IV) prodrug, conjugation with a PLA polymer backbone was first
performed. Then, a blend of Pt(IV)-conjugated PLA and carboxyl-terminated PLGA-blockpoly(ethylene-glycol) copolymer (PLGA-PEG-COOH) together with docetaxel was
pumped into the microfluidic channels to form dual–drug loaded nanoparticles (Figure 5a–
c). This process resulted in excellent encapsulation efficiency and high loading of both
hydrophilic and hydrophobic payloads, enabling the control of the ratio of these two drugs.
Making use of the carboxyl groups provided by the PLGA-PEG-COOH polymers, the A10
aptamer, which binds to the prostate specific membrane antigen on prostate cancer cells
[226], was conjugated onto the nanoparticles’ surface. The dual–drug loaded nanoparticles
presented sustained release for both payloads over a period of 48–72 h (Figure 5d),
independent of the drugs’ solubilities. This study illustrates the great potential of a single,
programmable nanoparticle to deliver a combination of drugs for cancer treatment.
The production of PTX–loaded chitosan nanoparticles with fine-tuned physical and
chemical properties using solvent-free microfluidics for drug delivery has been recently
studied [227]. In this method, the formation of nanoparticles was driven by changing the pH
in an aqueous environment and avoiding organic solvent contamination. The particle size
and surface potential can be regulated by the time of mixing during the nanoprecipitation
process, which in turn affects the cell uptake and therapeutic efficiency. As shown in Figure
5e, the obtained nanoparticles showed pH-dependent release profiles; the release rate
increased as the pH decreased. The pH-responsive drug release can be ascribed to the
different solubility of chitosan at different pHs.
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Figure 5.

Synthesis (a) and characterization of nanoparticles via dynamic light scattering (b) and
transmission electron microscopy (TEM) (c). In vitro release kinetics (d) of
encapsulated Pt (circle) and docetaxel (square) from nanoparticles at pH 7.4 and 37 °C.
Copyright © (2010) Stanford University's HighWire Press, reprinted with permission
from [7]. Release of PTX (e) from microfluidically synthesized nanoparticles after pH
change at 37 °C. Copyright © (2014) The Royal Society of Chemistry, reprinted with
permission from [227].

2.2.2.3 Hybrid nanocarriers
Several studies have recently focused on the generation of polymer and lipid hybrid
nanocarriers via microfluidics [213, 228]. Lipid–polymeric hybrid nanoparticles (LPHNs)
combine the unique features of both polymeric nanoparticles and liposomes, such as the
efficient encapsulation of bioactive molecules, stability in blood and relatively slow release
kinetics. The physicochemical and structural uniqueness of these hybrid nanocarriers make
them suitable for a range of biomedical applications, including drug and gene delivery and
medical imaging [229].
Conventional approaches for the preparation of hybrid nanoparticles usually need a two–
step formulation process. The first step is the production of polymer nanoparticles, followed
by embedding the polymeric nanoparticles within liposomes. The intermediate processes,
such as heating, stirring and long incubation periods, all remarkably affect the
characteristics of the formed nanoparticles. Microfluidics has been used to facilitate the
production of LPHNs in a single mixing step because of its ability to prepare nanoparticles
with desired physicochemical properties by controlling the microscale mixing processes
[213]. Taking advantage of the controlled microvortex platform inside the microfluidic
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device, the preparation of LPHNs with high productivity (3 g/h) and reproducibility has
been achieved. In addition, the particle size can be easily regulated (30−170 nm) by
changing the flow rates in the microvortex platform [213].
A PDMS-based microfluidic mixer consisting of Tesla structures, which effectively
enhances the mixing of fluids by creating transverse dispersion, has also been developed to
prepare LPHNs [229]. Hybrid nanocarriers produced with this technique were
monodisperse with a mean diameter of 40 nm. The rapid convective mixing achieved with
this microdevice allowed for uniform lipid coverage around the polymeric core. Moreover,
hybrid lipid–QD nanocomposites were also fabricated in the same system by replacing the
polymeric materials with QDs. The lipid–QD nanocomposites in the product stream showed
a homogeneous size distribution with an average size of 60 nm. As calculated from the TEM
images, an average of four QDs were encapsulated per nanocomposite. The number of QDs
per nanocomposite can be easily controlled by varying the lipid:QD ratio [229].
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3 Aims of the study
A major bottleneck for DDSs is the fabrication of carriers that have excellent stability in
physiological conditions and that can simultaneously encapsulate and control the release of
both hydrophobic and hydrophilic therapeutic agents. Taking advantage of the high capacity
of PSi for the loading of both hydrophilic and hydrophobic active compounds, the aim of
this dissertation was to develop a robust platform that would allow precise control over the
loading and release of simultaneously encapsulated cargos to facilitate combination therapy,
especially for combination hydrophobic and hydrophilic payloads.
The specific objectives of this dissertation are as follows:
1.

To assess the potential of bare PSi nanoparticles in multidrug delivery by codelivering a hydrophobic molecule and a hydrophilic peptide, as well as to
study the impact of PSi nanoparticles on the permeability of payloads across
intestinal cell models (I).

2.

To achieve sustained drug release by fabricating an advanced nanocomposite
based on the encapsulation of THCPSi nanoparticles in solid lipid
nanoparticles (SLNs) at a 1:1 ratio using a traditional emulsion method, and to
assess its stability in human plasma, its ability to interact with cells and its
release profile (II).

3.

To overcome the “burst release” profiles of PSi materials by encapsulating
drug-loaded THCPSi microparticles within a solid lipid microparticle (SLM)
using microfluidic techniques, and to evaluate their cytocompatibility and drug
release profiles (III).

4.

To prepare monodisperse, multistage pH-responsive polymer–PSi
microcomposites by droplet microfluidics that simultaneously incorporate
different types of cargos with ratiometric control over the drug loading and
release, as well as to evaluate the cytocompatibility of these microcomposites
and their impact on cell proliferation (IV).

5.

To fabricate a hybrid nanocomposite consisting of an encapsulated PSi
nanoparticle and an acid-degradable polymeric matrix with a one–step
microfluidic method, to functionalize the nanocomposite by a nona–arginine
cell–penetrating peptide to enhance the intracellular drug delivery, and to
investigate the impact on cell proliferation (V).
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4 Experimental
Detailed descriptions of the methods, suppliers of the materials and the equipment used in
this work can be found in the respective original publications (I–V). The PSi micro- and
nanoparticles were produced at the Laboratory of Industrial Physics, Department of Physics
and Astronomy, University of Turku, Finland.

4.1 Fabrication of the drug delivery carriers

4.1.1 Preparation of PSi micro- and nanoparticles (I–V)
The PSi particles were produced by electrochemically etching monocrystalline boron–
doped p+–type Si 100 wafers (Cemat Silicon S.A., Poland) with a resistivity of 0.01–0.02
Ωcm in a 1:1 (v/v) aqueous hydrofluoric acid (38%)–ethanol electrolyte with a current
density of 50 mA/cm2 in the dark as described elsewhere [32, 96, 124, 135]. The porous
layer was detached from the substrate as a film by increasing the current density to the
electropolishing regime.
For the PSi nanoparticles in publications I and II, surface passivation of the PSi was
achieved by thermal hydrocarbonization (THCPSi) or thermal oxidation (TOPSi). Thermal
hydrocarbonization was made by exposing the fresh PSi films to acetylene for 15 min at
500 °C under constant flow of N2 and acetylene (1:1). Wet ball milling was carried out in
1-decene to reduce the size of the THCPSi multilayer films, while simultaneously
minimizing the surface oxidation [32]. Thermal oxidation was made by exposing the fresh
films to ambient air for 2 h at 300 °C [96], and the nanoparticles were produced by wet ball
milling the TOPSi multilayer films in ethanol. The size sorting and change of the suspension
media was achieved by centrifugation for both the THCPSi and TOPSi nanoparticles. The
final nanoparticles were dispersed in ethanol.
For the THCPSi microparticles in publication III [32, 97, 124, 133], the free–standing
PSi films were ball milled and dry–sieved on a sieve (25 µm openings) after the anodization.
The milling and sieving cycles were repeated several times to achieve the desired particle
size. The sieved particles were treated with hydrofluoric acidethanol solution to remove
the oxides formed during the milling and dried at 65 °C for 2 h. The hydrogen-terminated
microparticles were initially placed under N2 flow for 30 min before exposed to acetylene
for 15 min at room temperature and at 500 °C under constant flow of N2 and acetylene (1:1)
to obtain THCPSi microparticles.
For the THCPSi microparticles in publication IV, the metallurgical grade Si
microparticles (Vesta Ceramics, Sweden) were firstly chemically etched using nitric
acidhydrofluoric acid based solution to obtain the PSi particles [32]. Next, the PSi particles
were treated with hydrofluoric acidethanol solution to remove the oxides formed during
storage and dried at 65 °C for 2 h. After that, the hydrogen-terminated PSi microparticles
were initially placed in a quartz tube under N2 flow for 30 min before adding acetylene to
the flow (1:1 v/v) for 15 min at room temperature and at 500 °C in order to obtain THCPSi
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[124]. Finally, the THCPSi microparticles were allowed to cool back to room temperature
under N2 flow before exposure to ambient conditions.
For the (3-aminopropyl)triethoxysilane modified TCPSi (APTESTCPSi) in
publication V, the free standing films were thermally carbonized with acetylene after which
the obtained TCPSi was immersed into hydrofluoric acid to generate silanol termination for
aminosilane APTES attachment following the previously described process using an
APTES–toluene solution (10%, v/v). The size reduction of the APTES–TCPSi multilayer
films to nanoparticles was made by wet milling using an APTES–toluene solution (5%, v/v)
as the milling liquid. After milling, the excess silane was removed by replacing the liquid
and redispersing the nanoparticles to fresh toluene and ethanol for at least three times using
centrifugation. Finally, the nanoparticles were dispersed in the ethanol.

4.1.2 Drug and peptide co-loading into PSi nanoparticles (I)
Human PYY3-36 (MW 4050 g/mol) was purchased from BCN Peptides (Barcelona, Spain).
The loaded PYY3-36 and/or IMC (Hawkins Inc., USA) into TOPSi and THCPSi
nanoparticles, including the TOPSi–PYY–IMC, TOPSi–PYY, TOPSi–IMC, THCPSi–
PYY–IMC, THCPSi–PYY and THCPSi–IMC were all prepared by an immersion method
[96, 124]. For the dual–drug loading, the PSi nanoparticles were sequentially immersed into
the IMC ethanol solution and then in PYY3-36 water solution, which was similar with the
single–drug loading procedure. The loaded PSi nanoparticles were then washed with a
mixture of ethanol–water (50:50 %, v/v) and redispersed prior to the in vitro studies.

4.1.3 Preparation of PSi–solid lipid nanocomposites (II)
A modified emulsion solvent evaporation method was used to prepare the THCPSi–solid
lipid nanocomposites (THCPSi–SLNCs), similarly to the method used for the preparation
of SLNs [230]. The only difference was the addition of the THCPSi nanoparticle suspension
into the oil phase at the beginning of the preparation, a solid-in-oil-in-water (S/O/W)
emulsion solvent evaporation method [214, 231]. Briefly, glycerol monosterate (VWR
International, USA), phosphatidylcholine (Sigma–Aldrich, USA) and THCPSi
nanoparticles were dispersed into ethanol at 70 °C with desired concentrations forming the
oil phase. The polyvinyl alcohol (PVA, MW 31–50 kDa, Sigma–Aldrich, USA) aqueous
phase containing PEG 6000 (Sigma–Aldrich, USA) was heated to the same temperature.
The oil phase was then added into the aqueous phase drop-by-drop under vigorous stirring
for dispersion. After the evaporation of ethanol, the hot emulsion was gradually dropped
into aqueous phase under vigorous stirring at 2 °C to allow the solidification of the solid
lipid matrix. The final suspension was sorted by centrifugation to obtain the THCPSi–
SLNCs.
FUR (Sigma–Aldrich, USA) loaded THCPSi (FUR–THCPSi) nanoparticles were
obtained by an immersion method. FUR-loaded THCPSi–SLNCs (FUR–THCPSi–SLNCs)
were obtained by adding 20 mg FUR and 200 μg unwashed FUR–THCPSi nanoparticles
into 5 mL oil phase during the nanocomposite preparation. FUR–THCPSi–SLNCs were
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also washed twice with water before the loading degree determination and the release
experiment to remove the free FUR. The loading degree of FUR was determined by
immersing the FUR–THCPSi nanoparticle and FUR–THCPSi–SLNCs samples in methanol
for 24 h.

4.1.4 Fabrication of microfluidic flow–focusing device (III–V)
The MFFDs were made by assembling borosilicate glass capillaries on a glass slide (III and
IV) [232]. One end of the cylindrical capillary (World Precision Instruments, Inc.), with
inner and outer diameters of around 580 and 1000 µm respectively, was tapered using a
micropipette puller (P-97, Sutter Instrument Co., USA) to a diameter of 20 m; this diameter
was further enlarged to approximately 80 (III) and 40 µm (IV) using a microforge (P-97,
Sutter Instrument Co., USA). This cylindrical tapered capillary was inserted into the left
end of the square capillary with inner dimension of around 1000 µm (Vitrocom, USA), and
then it was coaxially aligned. A transparent epoxy resin (5 Minute Epoxi, Devcon) was
used to seal the capillaries. Two immiscible liquids were injected separately into the
microfluidic device through polyethylene tubes attached to syringes at constant flow rates.
The flow rate of the different liquids was controlled by pumps (PHD 2000, Harvard
Apparatus, USA).
For the MFFD in publication V, the cylindrical tapered capillary with an opening of ca.
40 µm was fabricated as described above and two miscible liquids were injected separately
into the microfluidic device at constant flow rates, as described in detail in the next sections
below.

4.1.5 Fabrication of PSi–solid lipid microcomposites (III)
The THCPSi–solid lipid microcompoistes (PSi–SLMCs) were prepared using the MFFD.
In general, the lipid matrix, including stearic acid and egg phosphatidylcholine, was
dissolved in ethyl acetate containing THCPSi microparticles and served as the inner oil
fluid. The solution containing amphiphilic Poloxamer 188 (P-188; 1%, w/v), which was
efficiently used to stabilize the oil-in-water (O/W) interface, was selected as the outer
continuous fluid. The inner (2 000 µL/h) and outer fluids (40 000 µL/h) were separately
pumped into the MFFDs for preparing the monodispersed O/W emulsions. At last, all the
collected microparticles or microcomposites were solidified on ice for further
characterization.
Different drugs, including methotrexate (MTX), ranitidine, FUR and fenofibrate, were
loaded into THCPSi microparticles using an immersion method [96, 124, 231]. After that,
the drug-loaded THCPSi microparticles were dispersed into the inner oil fluid under stirring
to form the THCPSiSLMCs with the MFFD. The loading degree for the drug loaded
microcomposites was determined by immersing them into a mixture of water and acetone
(50:50%, v/v) to dissolve the solid lipid matrix and release all the payloads.
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4.1.6 Preparation of pH-responsive PSi–polymer microcomposites (IV)
The monodisperse pH-responsive microcomposites were prepared by the MFFD using two
derivatives of hypromellose acetate succinate (MF and HF; Shin–Etsu, Japan) at room
temperature. In general, MF, HF, or their mixtures (1:3, w/w) in ethyl acetate solution (10
mg/mL) containing PSi microparticles served as the inner oil fluid. Amphiphilic Poloxamer
407 (2%, w/v; BASF, Germany) aqueous solution, was used to efficiently stabilize the O/W
interface, and was selected as the outer continuous fluid. The inner and outer fluids were
separately pumped into the MFFDs for preparing the monodispersed O/W emulsions. The
inner oil fluid flowed at a typical rate of 500 µL/h and was focused by the outer continuous
fluid, which flowed at a typical rate of 10 000 µL/h. All the collected droplets were solidified
through the diffusion of ethyl acetate to the external aqueous phase, and finally the PSi
encapsulated pH-responsive microcomposites PSi@MF, PSi@MFHF, and PSi@HF were
obtained.
First, atorvastatin (AVA) was loaded into the PSi microparticles using an immersion
method. Regarding the preparation of multidrug loaded microcomposites, the inner oil fluid
was firstly saturated with AVA and then PSi–AVA was dispersed into it; celecoxib (CEL)
was directly added into the inner oil fluid because of its high solubility; and the rest of the
preparation procedure was exactly the same as for the bare microcomposites. The loading
degree for the multidrug loaded microcomposites was determined by immersing them into
methanol to dissolve the polymer and release all the payloads.

4.1.7 Synthesis of acid-degradable PSi–polymer nanocomposites (V)
Firstly, a biocompatible polymer, acetalated dextran (AcDX), was prepared by reversibly
modifying dextran with acetal–protecting groups [233, 234]. In the next step, the pHresponsive nanocomposites were prepared by the microfluidic co-flow focusing glass
capillary device. In general, AcDX in ethanol (10 mg/mL) served as the inner fluid
containing with a desired concentration of PSi nanoparticles; at the same time, PVA (31–
50 kD, 1 mg/mL; Sigma–Aldrich Co. LLC., USA) aqueous solution was selected as the
outer continuous fluid. The inner (3 mL/h) and outer (100 mL/h) fluids were separately
pumped into the microfluidic device, in which the inner fluid was focused by the outer
continuous fluid. In this procedure, water insoluble AcDX together with the PSi
nanoparticles self-assembled into PSi–AcDX nanocomposites (PSi@AcDX) during
diffusion and precipitation from ethanol solutions into water.
MTX was loaded into the PSi microparticles using an immersion method, and the MTXloaded PSi (MTX–PSi) was obtained. Regarding the preparation of multidrug loaded
nanocomposites, the inner fluid was firstly saturated with free MTX and then the MTX–PSi
was dispersed into it; PTX and sorafenib (SFN) were directly added into the inner fluid
because of their relatively high solubility. The rest of the preparation procedure was exactly
the same as described for the PSi@AcDX. Both PSi@AcDX and drug-loaded PSi@AcDX
were further functionalized with a cell penetrating peptide (CPP), aminooxyacetyl-Lys(Arg)9-COOH (MW 1624.86 g/mol, purity 96.28%; United BioSystems Inc., USA). For the
CPP functionalization, PSi@AcDX (1 mg) was resuspended in solutions of the CPP (1.5
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mL, pH 7.4, 20 mg/mL). After 48 h of gentle agitation at room temperature, these carriers
were washed twice with 1×Hank’s balanced salt solution (1×HBSS, pH 7.4), and then the
PSi@AcDX–CPP was produced. The drug-loaded PSi@AcDXCPP was also prepared in
the same manner. The loading degree for the MTX–PSi and multidrug loaded PSi@AcDX–
CPP was determined by immersing them into ethanol to dissolve the polymer and release
all the payloads.

4.2 Characterization and evaluation of the fabricated carriers

4.2.1 Size, morphology, and solid state characterization (I–V)
The porous properties of the PSi particles were studied using N 2 adsorption/desorption (I–
V) [55, 98, 235]. The surface areas and pore characteristics of the particles were determined
from the obtained data using the Brunauer–Emmet–Teller [236, 237] and Barret–Joyner–
Halenda [238, 239] theories.
Nanoparticle size measurement (I, II, IV and V) was performed using DLS with
Zetasizer NanoZS (Malvern Instruments Ltd., UK). For each measurement, the sample was
loaded in a disposable polystyrene cuvette (SARSTEDT AG & Co., Germany). The
nanocarrier surface zeta-potential (ζ-potential) was measured with Zetasizer NanoZS by
using disposable folded capillary cells (DTS1070, Malvern, UK).
The structure of the fabricated nanocarriers was evaluated by transmission electron
microscopy (TEM; Tecnai 12, FEI Company, USA) at an acceleration voltage of 120 kV (I,
II, and V). The TEM samples were prepared by depositing 2 µL of the nanocarrier
suspension with proper concentrations onto carbon–coated copper grids (300 mesh;
Electron Microscopy Sciences, USA). Grids with (V) or without (I and II) negatively
staining were all air–dried prior to imaging.
The morphology, surface topography, and internal structure of the microcomposites (IV)
were evaluated by SEM. For the internal structural studies, a drop of the carrier suspension
was frozen on aluminum foil in dry ice and the frozen drop was mounted on a cryostat
sample holder. Then, the samples were sectioned with a thickness of 20 µm using a cryostat
(Leica CM 3050 S, Leica Instruments, Germany). Both the intact microcomposites and the
sectioned ones were fastened to a holder using double sided carbon adhesive tape mounted
on an SEM support and Pt coated in a high vacuum evaporator (Q150TS, Quorum
Technologies, UK). The images were taken using a Quanta 250 FEG SEM (FEI Company,
USA).
To investigate the pH-responsive composites dissolution behavior (IV and V), different
carriers were added into different pH conditions. At different time points, dissolution
behavior was terminated and the morphology of the carriers was observed by SEM (IV) and
TEM (V) depending on the size of the carriers.
The chemical composition and the interaction among the different components of the
composites were characterized by Fourier transformed infrared spectroscopy (FTIR; Vertex
70, Bruker, USA), using a horizontal attenuated total reflectance (ATR) accessory (MIRacle,
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PIKE Technologies, USA) (I–V). The FTIR spectra were recorded at room temperature
between 4000650 cm–1 with a resolution of 4 cm–1 using an OPUS 5.5 software.
Differential scanning calorimetry (DSC) was used to study the physical state of the
polymers and loaded drugs (IV). The DSC analysis was carried out with an AG–DSC823e
(Mettler Toledo, Switzerland) using a heating rate of 10.0 °C/min under N 2 gas purge of 50
mL/min, using 40 μL aluminum sample pans. The heating range for the measurements was
selected from 25 to 200 °C. STARe software was used for collecting the measured data.

4.2.2 Quantification of the payloads (I–V)
The quantification of the model compounds for the loading degree (I–V), drug release (I–
V), and drug permeation (I) experiments were analyzed by high–performance liquid
chromatography (HPLC). Detailed description of the HPLC experimental setup and
conditions used can be found in the respective original publications or manuscript (I–V).

4.2.3 In vitro drug release (I–V)
The in vitro release of payloads from the PSi particles and their composites was made in
dialysis diffusion bags (I–III) using a shaking method at 100 rpm and 37 ± 1 C. At the
same time, the pH-responsive microcomposites (IV) and nanocomposites (V) were directly
added into the release media. For each test, samples of certain volumes were withdrawn at
different time points, and the same volume of preheated medium was added back to replace
the withdrawn volume. The concentration of drugs was quantified by HPLC methods (I–V).
To be correlated with the permeation profiles, the release of IMC and PYY3-36 (I) was
measured by immersing the dialysis diffusion bags (Spectra/Por®, Biotech CE, Spectrum
Laboratories Inc., USA) with molecular weight cut off (MWCO) of 1000 kDa into
1×Hank’s balanced salt solution (HBSS) at different pH-values (pH 5.5 and 7.4) containing
P-188 (10 mg/mL).
The in vitro release profiles of FUR (II) from the THCPSi–SLNCs were measured by
immersing the dialysis diffusion bags (T1, Cellu Sep™, USA) in buffer solutions at different
pH-values (1.2, 5.5 and 7.4).
After removing the organic solvents, the release of four model drugs from THCPSi–
SLMCs (III) were all made in dialysis bags (MWCO 1 MDa). The drug release profiles
were determined by immersing the dialysis diffusion bags in buffer solutions at different
pH-values (pH 1.2, 5.0, and 7.4). Owing to the low solubility of fenofibrate at all the tested
pH-values and FUR at pH 1.2, Tween 80 (1%, w/v) was added into the corresponding
release medium during the release test.
The in vitro release of payloads from PSi@MFHF (IV) was evaluated in a gradient pH
media. The selection of the pH conditions and the time of duration for each pH were mainly
based on the physiological conditions of the human GIT. First, the drug-loaded
microcomposites were put into 0.1 M HCl with the pH value of 1.2 which was gradually
raised to pH 5.5, 6.0, and 7.4 by adding trisodium phosphate (0.2 M). Owing to the low
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solubility of AVA and CEL, amphiphilic P-188 (5%, w/v) was added into all the release
media.
The in vitro release of PTX, SFN, and MTX (V) from the composites was evaluated in
buffer solutions with pH-values of 7.4 and 5.0, and a gradient pH media starting from 7.4
to 5.0 to simulate the extracellular and intracellular environment, respectively. The drug
loaded nanocomposites (ca. 1500 µg) was put into buffer solution at pH-values of 7.4, 5.0,
and the gradient pH-solution ranging from the pH-value of 7.4 to 5.0 using a shaking method
at 100 rpm and 37 ±1 C. Owing to the low solubility of PTX and SFN, amphiphilic P-188
(5%, w/v) was also added into all the release media.

4.2.4 Cell lines and culture (I–V)
Human colon carcinoma cells (Caco-2; I and III), human colon adenocarcinoma cells
(HT29; I–IV), murine leukemic monocyte macrophage cells (RAW 264.7; I and II), human
liver hepatocellular carcinoma cells (HepG2; I and II), and human breast adenocarcinoma
cells (MDA-MB-231 and MCF-7; V) were selected for the in vitro studies (all from
American Type Culture Collection, USA). The Caco-2, HT29, RAW 264.7 macrophages,
and MCF-7 cells were cultured in Dulbecco’s modified Eagle medium (DMEM, EuroClone
S.p.A., Italy) with 4.5 g/L glucose, supplemented with 10% fetal bovine serum (Gibco,
Invitrogen, USA), 1% nonessential amino acids, 1% L-glutamine, penicillin (100 IU/mL),
and streptomycin (100 mg/mL) (all from EuroClone S.p.A., Italy). The culture condition of
HepG2 cells was similar, except the presence of sodium pyruvate (1%, v/v). For the MDAMB-231 cells, Roswell Park Memorial Institute 1640 medium was used instead of DMEM
for cell culturing without the addition of sodium pyruvate. The cell cultures were maintained
in a standard incubator (BB 16 gas, Heraeus Instruments GmbH, Germany) at 37 C with
an atmosphere of 5% CO2 and 95% relative humidity. Prior to each test, the cells were
harvested with trypsin (0.25%, v/v)–ethylenediaminetetraacetic acid phosphate-buffered
saline (PBS).

4.2.5 Cytocompatibility of the fabricated carriers (I–V)
The cytocompatibility of the prepared carriers was evaluated using fluorescence– (I) or
luminiescence– (II–V) based cell viability assays. The assay was conducted in 96-well
plates (PerkinElmer Inc., USA) and certain amounts of different types of cells where seeded
in these plates. After the cell attachment and removing of the culture media, the wells were
washed twice with 1×HBSS (pH 7.4) prior to the addition of fabricated carriers with a series
of concentrations, and then incubated for the desired exposure time. For the THCPSi, TOPSi
and PYY3-36-loaded nanoparticles, their concentration ranged from 15 to 100 µg/mL (I).
The concentrations of THCPSi–SLNCs (II) varied from 15 to 250 µg/mL, and 1 to 2000
µg/mL for the PSi@AcDX–CPP (V). For the prepared microcomposites, THCPSi–SLMCs
(III) and PSi@MFHF (IV), the concentrations varied from 100 to 2000 µg/mL. All assays
were conducted at least in triplicate.
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4.2.6 Permeability experiments (I)
The permeability of PYY3-36 and IMC across the Caco-2 or Caco-2/HT29 (ratio 9:1)
monolayers was investigated in the apical-to-basolateral direction in HBSS (pH 7.4). After
seeding 500 μL of cells at the density of 1.5 × 10 cells/mL in each cell culture insert
(Transwell®, Corning, USA), the medium was replaced every other day until the
differentiated cell monolayer was formed (21–22 days). For the permeation experiment, PSi
particles loaded with IMC, PYY3-36 or both in 1×HBSS containing P-188 were added into
the apical chamber and the plates were shaken by an orbital shaker. Aqueous solution was
withdrawn from the basolateral compartment at different time points, and the same volume
of fresh HBSS was added to replace the withdrawn volume. The integrity of the cell
monolayers was checked before and after the permeability studies by measuring the
transepithelial electric resistance (TEER) using a Millicell®–Electrical Resistance System
(Millipore, USA).
The cumulative amounts of the drugs transported across Caco-2 and Caco-2/HT29
monolayers were calculated from the concentrations measured in the receiver (basolateral)
compartments. The apparent permeability coefficients, Papp (cm/s), were also calculated.
Regarding the assessment of the monolayer integrity in the presence of P-188, D-[114
C]mannitol (250 µCi, 9.25 MBq, PerkinElmer Inc., USA) was employed (I). In the end of
the permeability experiments the apical solution was changed to a test solution of D-[114
C]mannitol at the experimental conditions. 100 μL of sample were mixed with 4 mL of a
scintillation cocktail (Optiphase HiSafe 2, PerkinElmer Inc., USA), and the [ 14C]-activities
were determined using a WinSpectral 1414 Liquid Scintillation Counter (Wallac, Turku,
Finland).After 60 min, 100 μL of the sample were withdrawn from the basolateral and apical
compartments for activity measurements. The diffusion rate 0.5% per hour was taken as
an indication of normal monolayer integrity [94].

4.2.7 Circular dichroism spectroscopy (I)
Far-UV circular dichroism (CD) spectra of the PYY3-36 peptide in different media were
measured using Jasco J-720 CD spectrometer, coupled with a Jasco PTC-4235 temperature
control unit (Jasco International Ltd., Tokyo, Japan). The samples from the native PYY336 in water, native PYY3-36 in HBSS and the PYY from basolateral compartment of the
Transwells® used in the permeation studies for PYY3-36, TOPSi-PYY and THCPSi-PYY
were collected and the spectra were measured from a 1 mm path length quartz cuvette
between 200 and 250 nm wavelengths at 25 °C. The scan rate was 200 nm/min, the response
time was 1 sec, the bandwidth was 0.5 nm, and each final spectrum was averaged from three
consecutive scans. The resulting spectra were smoothed by the Savitzky–Golay function
using a convolution width of 25 points. Finally, the CD signals were converted to mean
residual ellipticity [240] by taking the mean residue weight of the peptide as 4050 g/mol
and using the concentrations of PYY3-36 calculated from the HPLC results.
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4.2.8 Embedding TEM images (I)
For the embedding TEM experiments (I), the following protocol was followed. After the
drug permeation studies, the PSi suspension was carefully removed and the cells were fixed
with glutaraldehyde (2%, w/w) in PBS (pH 7.4, 0.1 M) for 30 min at room temperature. The
wells were then washed twice with sodium cacodylate buffer (NaCac) for 3 min. Afterwards,
the cells were post-fixed with 1% osmium tetroxide in NaCac buffer (pH 7.4, 0.1 M) and
then dehydrated and embedded in epoxy resin. Ultrathin sections (60 nm) were cut
perpendicular to the insert, post-stained with uranyl acetate and lead citrate, and examined
with TEM using an acceleration voltage of 120 kV.

4.2.9 Flow cytometry and confocal microscopy (II and V)
Cell suspensions were seeded in 6/12-well plates with the concentration of 2×105 cells/mL
for MCF-7 and MDA-MB-231 cells, as well as 1.0×106 cells/mL for RAW 264.7, HepG2
and HT-29 cells. Following by 24 h of cell attachment to the wells, fluorescein
isothiocyanate (FITC)-labelled nanocarriers were incubated with the cells for 3 (II) or 6 h
(V). After removing the nanocarrier suspensions and washing twice with 1×HBSS (pH 7.4)
to remove non-adherent nanocarriers, the cells were harvested. For the PSi@AcDX–CPP
(V), the harvested cells were treated with trypan blue (0.04%, v/v; MP Biomedicals, LLC,
Germany) to quench the fluorescence of possible surface adherent nanocarriers. Flow
cytometry was performed with a LSR II flow cytometer (BD Biosciences, USA), and a laser
excitation wavelength of 488 nm using the FACSDiva software. About 10000 events were
obtained for each sample. Data were analyzed and plotted using Flowjo software (Tree Star
Inc., USA).
For confocal microscopy (II), suspensions of cells were seeded in Lab-Tek™ Chamber
Slides (Thermo Fisher Scientific, USA). After 24 h of cell attachment to the wells, FITClabelled nanocarriers (50 and 100 µg/mL) were added into the wells. Following by 3 h
incubation, the particles were removed and the wells were washed three times with HBSS
(pH 7.4). CellMask™ (5 µg/mL) was added for cell staining according to the manufacturer
specifications. Prior to the measurements, the cells were fixed with glutaraldehyde (2.5 %,
w/w) in PBS for 30 min at room temperature. Confocal images were taken with a Leica SP2
inverted confocal microscope, equipped with Argon (488 nm) and DPSS (561 nm) lasers,
and using a HCX Plan Apochromat 63/1.2–0.6 oil immersion objective (Leica
Microsystems, Germany).

4.2.10 Cell proliferation studies (IV–V)
The in vitro proliferation effect of multidrug-loaded PSi@MFHF was assessed on HT29
cells (IV), and multidrug-loaded PSi@AcDX–CPP was assessed on MCF-7 and MDA-MB231 cells (V). First, the cells in culture medium with the desired concentrations were seeded
in 96-well plates and allowed to attach for 24 h. Afterwards the cells were treated with a
serial of concentrations of bare drug combinations or corresponding multidrug-loaded
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PSi@MFHF or PSi@AcDX–CPP (1×HBSS, 100 µL). Due to the poor solubility of
payloads, P-188 (5%, w/v) was added into the medium. Because of the pH-responsive
properties of the PSi@MFHF, the proliferation of HT29 cells was evaluated in HBSS buffer
solution with four different pH conditions: 5.5, 6.0, 6.5 and 7.4. The impact of P-188 on the
HT29, MCF-7, and MDA-MB-231 cell proliferation and the effect of the pH conditions on
the HT29 cell proliferation were evaluated first. After 24 h incubation, the wells were
washed once with 1×HBSS (pH 7.4) and the number of viable cells was assayed with a
luminescent CellTiter-Glo kit (Promega® Corporation, USA). The luminescence was
measured on a Varioskan Flash instrument (Thermo Fisher Scientific, USA), and all the
experiments were performed at least in triplicate.
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5 Results and discussion
Materials that can efficiently encapsulate therapeutics and tailor their release profiles hold
great promise for drug delivery. Because of the freely accessible pores of the PSi particles,
the drug release profiles are mainly determined by the physicochemical properties of the
payloads. Hence, both traditional emulsion and droplet microfluidic methods were applied
to prepare the PSi-based solid lipid micro- and nanocompoistes to achieve a prolonged drug
release. After that, with the aid of microfluidics, the PSi particles were encapsulated into
polymeric matrices to produce pH-responsive multidrug loaded micro- and nanocomposites
with precise control over the drug loading and release.

5.1 Co-delivery of drugs by PSi nanoparticles (I)
Nanoparticulate DDSs offer remarkable opportunities for clinical treatment. However, there
are several challenges when they are employed to deliver multiple cargos/payloads,
particularly concerning the synchronous delivery of small MW drugs and relatively larger
peptides. The focus of the initial study was to assess the potential of bare PSi nanoparticles
in multidrug delivery by co-loading of a hydrophobic molecule, IMC, and a hydrophilic
peptide, PYY3-36, which were loaded via a sequential adsorption procedure.

5.1.1 Interaction with cells and cell monolayers
The viability assessments were carried out in Caco-2, HT29, RAW 264.7 and HepG2 cell
lines after exposure to the PSi nanoparticles for 24 h at 37 °C (Figure 6a–d). The cell lines
were selected due to their importance as suitable models mimicking the different cell-types
of the body (e.g., small intestine epithelial, mucus, macrophages and hepatocyte cells) and,
therefore, relevant in drug delivery applications through the different routes of
administration. A particle concentration-dependent cell toxicity was observed among all the
four cell lines studied for both PYY3-36-loaded and plain PSi nanoparticles. Remarkable
improvement in the cellular viability values were also observed for the PYY3-36 loaded PSi
nanoparticles compared to the plain PSi nanoparticles. Among these, the most significant
enhancement in the cell viability was observed on RAW 264.7 macrophage cells after
loading with the PYY3-36. The improvement in cell viability after loading with PYY3-36
could be explained by its biocompatibility and hydrophilic nature, which may lead to
possible favorable interactions between the surface of the PYY3-36 loaded PSi
nanoparticles and the cell membranes, and thus, improve the cytocompatibility of the PSi
nanoparticles [135, 241].
In order to further investigate the effect of PYY3-36 on the interaction with the PSi
nanoparticles within the physiological environment, there was a need to understand how the
PYY3-36 loaded PSi nanoparticles behaved when incubated with the Caco-2/HT29 cocultured monolayers. Similar to the plain PSi nanoparticles [96], the PYY3-36 loaded PSi
nanoparticles were not found to be attached onto or internalized into the cell monolayers
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after incubation for 2 h (Figure 6e and f). However, both the TOPSi–PYY and THCPSi–
PYY nanoparticles seemed to remain in the close vicinity of the microvilli, which can be
considered as an advantageous property for the drug release and permeation, as they can act
as drug reservoirs at the site of absorption [96]. This also highlights the importance of the
mucus layer for the enhanced permeation of PYY3-36 across the cell monolayers.

Figure 6.

Cell viability of Caco-2 (a), HT29 (b), RAW 264.7 (c), and HepG2 (d) cancer cells after
24 h incubation with different concentrations (µg/mL) of the PSi nanoparticles and
PYY-loaded PSi nanoparticles assessed by the CellTiter-Fluor fluorescent assay.
Errors bars represent the mean ±s.d. (n = 3); *p < 0.05 and **p < 0.01. TEM images
of flat embedded ultrathin sections of the TOPSi–PYY (e) and THCPSi–PYY (f)
nanoparticles interacting with Caco-2/HT29 cell monolayers (scale bar = 2 µm).
Copyright © (2013) Elsevier B.V., reprinted with permission from [242].

5.1.2 Drug release and permeation studies
PYY3-36 can slowly be released from the PSi particles within a time frame of several days,
particularly when loaded into the THCPSi particles [130]. In order to facilitate the later
permeation studies (for only several hours) and to maintain the sink conditions during the
experimental setup, a non-ionic surfactant P-188 was added into the release medium. The
release profiles of PYY3-36 from the TOPSi and THCPSi nanoparticles at different pH33

values (7.4 and 5.5) are shown in Figure 7a–b. For both the TOPSi and THCPSi
nanoparticles, the release rate of PYY3-36 from either single or dual drug-loaded PSi
nanoparticles was reduced as the pH-value decreased from 7.4 to 5.5. Because its pI-value
is around pH 7.5, PYY3-36 is almost neutral at pH 7.4 with notably lower solubility,
whereas it is positively charged with relatively higher solubility at pH 5.5. Consequently,
the slower release rate of PYY3-36 at pH 5.5 could not be ascribed to its solubility difference
under the studied pH conditions. In addition, the electrostatic attraction between PYY3-36
and PSi nanoparticles should be stronger at pH 5.5 than that at pH 7.4, which could
contribute to the relatively slower release rate of PYY3-36 at pH 5.5.
The permeation profiles of PYY3-36 across the Caco-2 and Caco-2/HT29 monolayers
are shown in Figure 7c and d. The permeation rates of the payloads from the dual drugloaded PSi nanoparticles were slightly faster than those from the corresponding single drugloaded nanoparticles, regardless of the cell culture model used (mono- or co-cultured
monolayers). For example, ca. 10 and 6% of the PYY3-36 from the TOPSi–PYY–IMC and
THCPSi–PYY–IMC permeated across the Caco-2 monolayers after 120 min, whereas only
8 and 5% permeated from the TOPSi–PYY and THCPSi–PYY particles. Similar permeation
profiles were also observed for the Caco-2/HT29 co-cultured monolayers, however the
permeation rates were always faster than those in the Caco-2 cell monolayers. The apparent
permeability coefficients (Papp) of PYY3-36 across Caco-2 and Caco-2/HT29 monolayers
calculated from the permeation profiles across the aforementioned monolayers are shown
in Figure 7e. The Papp of dual-drug loading across the Caco-2 and Caco-2/HT29 monolayers
was always higher than that of single-drug loading. The type of cell monolayer also affected
the Papp-value of the payloads; the Caco-2/HT29 monolayers usually had slightly high Pappvalues. In general, the calculated Papp-values for PYY3-36 are in accordance with the order
obtained for their permeation rates.
As the peptide structure and its biological activity have been found to be strongly
correlated, the analysis of the conformation of therapeutically relevant peptides after their
release from the carrier is of critical importance. The CD spectroscopy is a valuable method
to analyze the secondary structure of proteins in solution with high reliability. In the CD
spectrum of the native PYY3-36 in water (pH ~5.5) and in HBSS (pH 7.4), two distinctive
minima at 208 and 222 nm, indicative of a α-helical structure as a major secondary structural
component [243], were observed. These structural features are also present in the spectra of
the permeated pure PYY3-36 and the one released from the TOPSi and THCPSi particles
(Figure 7f). However, less negative ellipticity at 222 nm was observed only from the
THCPSi–PYY, but not from the TOPSi–PYY, which indicates the loss of helical structure
of the PYY3-36 [243]. The differences in ellipticity of the peptide released from the TOPSi
nanoparticles, which has a hydrophilic nature, and the THCPSi nanoparticles, which are
hydrophobic, could be explained by the different orientation of the peptide towards the
surface of the PSi according to its hydrophobic segments, which slightly alters the
conformation of PYY3-36 [130], and thus, could also explain some of the differences
observed in the release and permeation experiments. Nonetheless, the distinctive α-helical
features were persistent after the PYY3-36 permeation across the Caco-2/HT29 co-culture
monolayers, which is not the case when the PYY3-36 is denatured using 1 M NaOH (data
not shown). This also suggests that the PYY3-36 can retain its biological activity after the
release from the PSi nanoparticles.
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Figure 7.

Release profiles of PYY3-36 from THCPSi and TOPSi nanoparticles at pH 7.4 (a) and
pH 5.5 (b) in buffer solutions containing 10 mg/mL P-188. Permeation profiles of
PYY3-36 from the PSi nanoparticles across Caco-2 (c) and Caco-2/HT29 co-cultured
(d) monolayers, and the apparent permeability coefficients (Papp×10-6 cm/s) of PYY336 (e) transport across the monolayers. All experiments were conducted in 1×HBSS
(pH 7.4) containing 10 mg/mL of P-188 at 37 °C. Error bars represent the mean ±s.d.
(n = 3). Far–UV CD spectra (f) of PYY3-36 in water, HBSS, and from the basolateral
compartment of the Transwells® after the permeation studies for the pure PYY3-36,
TOPSi–PYY and THCPSi–PYY nanoparticles across Caco-2/HT29 monolayer cocultures. All the spectra were the average of three different measurements. Copyright
© (2013) ElsevierB.V., reprinted with permission from [242].

5.2 PSi–solid lipid nanocomposites (IV)
To achieve a prolonged drug release, a novel nanocomposite based on the encapsulation of
THCPSi nanoparticles with SLNs on a 1:1 ratio, was fabricated. The THCPSi–solid lipid
nanocomposites (THCPSi–SLNCs) were prepared using an S/O/W emulsion solvent
evaporation method.

5.2.1 Characterization and evaluation of the nanocomposites
The TEM images and digital photograph of both THCPSi particles and their composites are
presented in Figure 8a–c. After encapsulation within the SLN matrix, the THCPSi–SLNCs
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were spherical in shape with a clear improvement in the surface smoothness. Interestingly,
the THCPSi–SLNC resembled a core–shell structure with the brighter SLN matrix shell
surrounding the darker THCPSi nanoparticle core, formed on a 1:1 ratio (Figure 8a and b).
As lipid materials are amphipathic [244], their hydrophobic parts are likely to face inside
the THCPSi–SLNC’s structure and be assembled onto the hydrophobic surface of the
THCPSi nanoparticles, whereas the hydrophilic parts are faced towards the outer part of the
THCPSi–SLNC’s structure. This is corroborated by the significant improvement in the
stability and dispersibility of the THCPSi–SLNCs in aqueous solutions (Figure 8c).

Figure 8.

TEM images of the THCPSi nanoparticles (a) and THCPSi–SLNCs (b), and the digital
images of their aqueous dispersion (c). Cell viability of the RAW 264.7 (d) and HepG2
(e) cancer cells after 24 h incubation with different concentrations of THCPSi and
THCPSi–SLNCs. Error bars represent the mean ± s.d. (n = 3); *p < 0.05 and **p <
0.01. Flow cytometry histograms (f, left column) and confocal fluorescence microscopy
images (f, right three columns) of cells after 3 h incubation with FITC-labelled THCPSi
nanoparticles and THCPSi–SLNCs at 37 °C. Flow cytometry histograms show the
fluorescent intensity of control cells (blue solid), cells incubated with FITC-labelled
THCPSi nanoparticles (red) and FITC-labelled THCPSi–SLNCs (green). The plasma
cell membranes were stained with CellMask (in orange) and were incubated with
FITC-labelled particles (in green; 100 μg/mL). Copyright © (2014) John Wiley & Sons,
Inc., reprinted with permission from [231].
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The cytocompatibility of the THCPSi nanoparticles and the THCPSi–SLNCs with
different cancer cell lines (RAW 264.7 and HepG2) were evaluated using an ATP-based
luminescent assay. A clear particle concentration dependent cell toxicity was observed for
both the cell lines studied (Figure 8d and e). In general, the THCPSi–SLNCs promoted a
significant increase in cytocompatibility in all the studied cell lines, in contrast to the bare
THCPSi nanoparticles. For instance, in the RAW 264.7 macrophages (Figure 8d), a
significant increase in cytocompatibility of the THCPSi–SLNCs compared to bare THCPSi
nanoparticles was observed at all the tested concentrations after 24 h incubation. Similar
effects were observed for the HepG2 hepatocytes (Figure 8e). Overall, the cell viability
studies showed that the cytocompatibility of the nanocomposite is significantly improved
compared to the bare THCPSi nanoparticles.
Based on the toxicity results, the interactions of FITC-labelled THCPSi–SLNC and
THCPSi nanoparticles with RAW 264.7 macrophages and HepG2 hepatocytes were also
assessed using flow cytometry and confocal fluorescence microscopy (Figure 8f). The
extent of the cellular association of the studied particles was analyzed with flow cytometry
after 3 h incubation. An increase in the cellular associated fluorescence was observed for all
the cells studied when exposed to THCPSi nanoparticles. The flow cytometry histograms
for THCPSi–SLNCs showed no pronounced increase in the cellular associated fluorescence
for HepG2 cells and only a slightly increase for RAW 264.7 macrophages. This indicates
that no major association took place between the THCPSi–SLNCs and the cells under the
studied experimental conditions.
The flow cytometry results were further corroborated with the confocal fluorescence
microscope experiments, which were employed to evaluate the effect of the SLN matrix
encapsulation on the cellular interactions of the THCPSi nanoparticles. Among all the three
types of cells studied, more FITC-labelled THCPSi nanoparticles contacted with the cells
than the FITC-labelled THCPSi–SLNCs. From the confocal data it can also be observed
that the THCPSi nanoparticles tend to aggregate more extensively, while no major
aggregation was observed in the case of THCPSi–SLNCs when in contact with the cells.
Overall, the flow cytometry and the confocal fluorescence microscopy studies are in good
agreement, for which the THCPSi nanoparticles showed stronger association to RAW 264.7
and HepG2 cells than the THCPSi–SLNCs.

5.2.2 Stability in human plasma and drug release
To investigate the stability of the THCPSi–SLNCs in physiological conditions, both
THCPSi nanoparticles and THCPSi–SLNCs were incubated in human plasma at 37 °C for
2 h (Figure 9a). The size of the THCPSi nanoparticles greatly increased from an average
size of ca. 150 nm to ca. 320 nm after 10 min, and finally to an average size of ca. 400 nm
after 2 h incubation in the plasma. In contrast, no aggregation was detected for the THCPSi–
SLNCs after incubation in plasma and the average size of the particles remained unchanged
at ca. 200 nm. The surface charge of the nanoparticles has also an important role on the
protein–nanoparticle interactions and formation of protein corona [245], therefore the
surface charge of the nanocomposites and the bare THCPSi nanoparticles were evaluated.
The -potential of the THCPSi nanoparticles decreased from ca. 25 to 15 mV within the
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first 10 min after the incubation in plasma and remained unchanged after 2 h (Figure 9b).
This effect was somehow expected because the -potential of the THCPSi nanoparticles is
likely to become more positive after an initial boost in the protein adsorption onto the
nanoparticle’s surface. In the case of the THCPSi–SLNCs, the -potential was constant at
ca. 15 mV for the 2 h experiment. Both the particle size and -potential results demonstrate
the lesser extent of plasma protein adsorption onto the surface of the nanocomposite due to
more hydrophilic surface, and the presence of PEG and PVA polymers that can greatly
maximize the repulsion interactions [245].

Figure 9.

Impact of the human plasma on the particle size (a) and ζ-potential (b) for both the
THCPSi nanoparticles and the THCPSi–SLNCs within 2 h incubation. The results were
calculated from the DLS measurements as a function of time at 37 °C. Release profiles
of FUR-loaded THCPSi nanoparticles and FUR-loaded THCPSi–SLNCs at pH 7.4 (c),
and pH 5.5 (d). All experiments were conducted at 37 °C. Error bars represent the
mean ± s.d. (n = 3). Copyright © (2014) John Wiley & Sons, Inc., reprinted with
permission from [231].

In order to evaluate the drug release profiles of the nanoparticles, a model drug, FUR,
was loaded into the THCPSi nanoparticles and THCPSi–SLNCs. For both the THCPSi
nanoparticles and the THCPSi–SLNCs, the FUR release rate decreased as the pH-values
decreased (Figure 9c and d). Regardless of the pH value, the FUR release rate from the
THCPSi–SLNCs was always slower than that of bare THCPSi nanoparticles. For example,
at pH 7.4 more than 90% of the drug was released within 1 h from the THCPSi nanoparticles
and only ca. 40% from the THCPSi–SLNCs (Figure 9c). At both pH-values of 7.4 and 5.5,
the FUR release from the THCPSi–SLNCs increased rather continuously over time, whereas
for the THCPSi nanoparticles the FUR release showed an initial drug release burst followed
by a continuous drug release. The FUR release profiles are determined by the
physicochemical properties of the drug (e.g., poor water solubility) and, most importantly,
by the prepared nanocomposites. The in vitro release rate of FUR from the THCPSi
nanoparticles was significantly slowed down after encapsulation within the SLN matrix.
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Moreover, the release data of FUR demonstrate that the SLN matrix played an important
role in controlling the drug release from the THCPSi–SLNCs as well as in protecting the
payload from premature release. This further corroborates the efficacy of the SLN matrix to
encapsulate the THCPSi nanoparticles.

5.3 PSi–solid lipid microcomposites (II)
A major challenge in drug delivery is to engineer stable drug carriers with excellent
biocompatibility, monodisperse size, and controlled release profiles. Thus, a microfluidic
technique was also employed to encapsulate THCPSi particles within solid lipid matrix to
overcome the drug release drawbacks of bare THCPSi particles, especially the uncontrolled
drug release profiles. Due to the microscale of microfluidic template SLMs, THCPSi
microparticles were selected in this study.

5.3.1 Microcomposites characterization and their cytocompatibility
Fluorescently labelled PSi microparticles (Rhodamine 123-labelled PSi microparticles)
with irregular shapes, as shown in the top panel of Figure 10a, were used to study the
encapsulation ability of the SLMs. The average particle size of PSi microparticles in an
ethanol dispersion measured by a laser diffractometer was around 16 m, however, when
dispersed in aqueous medium (top panel of Figure 10a), their size was larger (ca. 24.9 µm).
This phenomenon could be ascribed to the poor dispersibility of PSi microparticles in
aqueous medium and their tendency to aggregate as a result of their hydrophobic surface
[231]. These Rhodamine 123-labelled PSi microparticles were efficiently encapsulated
within the formed SLMs, as shown in the bottom panel of Figure 10a. The obtained
spherical–shaped microcomposites had a typical diameter of about 24.9 µm with a variation
coefficient of approximately 15.4%. Importantly, the microcomposites showed outstanding
dispersibility; the SLMs reduced the surface hydrophobicity of the bare PSi particles.
Owing to their micrometric size, these vehicles were envisaged to be applied for oral
drug delivery, and thus, we evaluated their cytocompatibility with GIT related cancer cell
lines (Caco-2 and HT29) by an ATP-based luminescence assay [241]. For the Caco-2 cells,
we observed a decrease in the cell viability from approximately 90 to 35% as the dose of
the PSi microparticles increased from 100 to 2000 µg/mL after 24 h incubation, as shown
in Figure 10b. By contrast, the bare PSi microparticles only showed a weak particle dose–
dependent cytotoxicity towards the HT29 cells. After encapsulation of the PSi
microparticles within the SLMs, the viability of the two cell lines was enhanced
significantly. The viability of cells improved further for the higher doses of particles tested
(2000 and 1000 µg/mL), particularly for the Caco-2 cells. In the case of Caco-2 cells
incubated with particles for 24 h, after encapsulation within SLMs, the viability of Caco-2
cells increased from approximately 90 to 100% for the particle concentration 100 µg/mL,
whereas the cell viability increased from approximately 35 to 80% for the particle
concentration 2000 µg/mL.
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Figure 10. Microcomposite characterization and their cytocompatibility. (a) Bright field and
confocal fluorescence images of Rhodamine 123-labelled (green) THCPSi
microparticles and THCPSiSLMCs. Cell viability of Caco-2 (b) and HT29 (c) cancer
cells after 24 h incubation with different concentrations of THCPSi microparticles and
THCPSiSLMCs (calculated based on the amount of PSi particles) assessed by a
luminescence-based assay. All experiments were conducted at 37 °C. Errors bars
represent the mean ±s.d. (n = 4). The level of significance were set at the probabilities
of *p < 0.05, **p < 0.01 and ***p < 0.001. Copyright © (2013) American Chemical
Society, reprinted with permission from [214].

The cytotoxicity induced by the microparticles was a result of their interactions with the
cell membranes, and was mainly determined by the nature of the surface of the particles
[231, 246]. Because of the similar ζ-potential for both bare PSi microparticles (ca. 35 mV)
and microcomposites (ca. 43 mV), the difference in cell viability found cannot be
attributed to their surface charge properties. The lower cell viability introduced by the bare
PSi microparticles may be due to their stronger hydrophobic interactions with the cell
membranes [124, 231, 241], mainly caused by the inherent hydrophobic nature of the
THCPSi microparticles and their irregular shapes. In contrast, the presence of SLMs made
the microcomposite more cytocompatible. This is likely due to the higher hydrophilicity and
spherical morphology of the microcomposites as compared to the bare irregular–shaped
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hydrophobic THCPSi microparticles, which probably resulted in a decrease in the
interactions between the cells and the microcomposites [245].

5.3.2 Drugs release from the microcomposites
In general, the solubility of the drug in the medium where it must be delivered plays an
important role, mainly in determining the time scale of the release process. To test the
potential of our microfluidic–templated microcomposites to sustain the release of the
payloads and to reduce the initial ‘burst release’ effect of payloads, particularly for the
aqueous-soluble drugs, we measured the release profiles for four model drugs with different
aqueous solubilities, as shown in Figure 11.

Figure 11. Release profiles of the payloads from THCPSi microparticles and THCPSi SLMCs.
Fenofibrate (a, b, and c), FUR (d, e, and f), MTX (g, h, and i), and ranitidine (j, k, and
l) were loaded into the particles and the release profiles were measured at pH 1.2 (a,
d, g and j), 5.0 (b, e, h and k), and 7.4 (c, f, i and l). The dissolution profiles of pure
drugs are also shown for comparison. All experiments were conducted at 37 °C. Error
bars represent the mean ±s.d. (n = 3). Copyright © (2013) American Chemical Society.
Reprinted with permission [214].
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Among the four model drugs, only fenofibrate and FUR showed noticeable pHdependent release profiles. The dissolution of pure fenofibrate and the release rate of
fenofibrate from the PSi microparticles or THCPSi–SLMCs were increased gradually with
the pH-values (Figures 11ac). The release rate of FUR showed similar trends to those of
fenofibrate, except for the sharp enhancement measured as the pH-value was increased from
1.2 to 5.0 (Figures 11df). The pH-dependent release profiles for fenofibrate and FUR from
the PSi microparticles and THCPSi–SLMCs could be partly ascribed to the lower solubility
of the payloads at lower pH-values. Furthermore, the significantly different properties of
the phospholipid at acidic pH conditions (<3), such as the increased phase transition
temperature, gel–phase characteristics, and slightly alteration of the phospholipid surface
charge, could also contribute to the more pronounced slow release rate of the payloads from
the THCPSi–SLMCs at acidic pH conditions [247]. For MTX and ranitidine, the impact of
the pH-value on the release profiles was less pronounced than for fenofibrate and FUR, as
shown in Figures 11gl. The release rate of MTX was only slightly slower at pH 5.0,
whereas the release rate of ranitidine was independent on the pH-values tested. Overall, the
release rate of the payloads from the microcomposites was always slower than that from the
bare PSi microparticles, regardless of the pH-value of the media and the solubility of the
model drug used.

5.4 pH-Responsive PSipolymer microcomposites (III)
An advanced DDS platform was also created for combination chemotherapy by
simultaneously incorporating two different types of drugs into the microcomposites with
ratiometric control over the loading degree. AVA and CEL were selected as the model drugs
due to their different physicochemical properties as well as synergetic effect on the
colorectal cancer prevention and inhibition. In order to be effective for colorectal cancer
prevention and inhibition, hypromellose acetate succinate was selected, which is insoluble
in acidic conditions, but highly dissolving at neutral or alkaline conditions.

5.4.1 Dissolution behavior of the microcomposites
The pH-responsive properties of the obtained PSi@MFHF composites in buffer solutions at
different pH-values, were evaluated (Figure 12). Both MFHF particles and PSi@MFHF
microcomposites maintained the structural integrity at pH values from 1.2 to 5.5. The first
stage dissolution of both MFHF particles and PSi@MFHF microcomposites occurred
between pH 6.0 and 6.5, and the second stage dissolution took place at pH-values higher
than 6.5, where their structure collapsed completely. At the first dissolution stage, the
internal structure of the microcomposites and the dispersion of the PSi particles inside the
solid polymeric matrix could be accessed. Furthermore, at pH values of 6.06.5, the MFHF
particles only formed several small deep pores at the surface of the particles, but kept in
general their structure; unlike MFHF, PSi@MFHF which formed crisscrossed ravines and
gullies. The latter observation is probably ascribed to the rough surface of PSi particles and
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the lack of sufficient interfacial interaction between the inorganic particles with the
polymeric matrix. This leads to the limited compatibility between PSi and MFHF polymeric
matrix which adversely affect the mechanical properties of the microcomposites, and thus,
accelerated the dissociation of the polymeric matrix and the exposure of the encapsulated
PSi microparticles to the exterior environment [248].

Figure 12. Dissolution behavior of bare MFHF particles and PSi@MFHF at different pH-values.
SEM images of bare MFHF particles (a) and PSi@MFHF (b) incubated in buffer
solutions at pH-values of 1.2, 5.5, 6.0, 6.5, and 7.4 for 120 min. Inset images show the
partial enlarged view of the bare MFHF particles and PSi@MFHF at pH-values of 6.0,
6.5 and 7.4, which clearly confirms that the PSi microparticles (pseudo–colored in red)
are located inside the polymeric matrix. Copyright © (2014) John Wiley & Sons, Inc.,
reprinted with permission from [249].

5.4.2 Drug release from the microcomposites
To provide further evidence for the multistage pH-responsive properties of the
microcomposites (PSi–AVA@MFHF–CEL), dissolution studies were conducted at
different pH-values. Figure 13 shows the AVA and CEL release profiles from PSi–
AVA@MF–CEL, PSi–AVA@MFHF–CEL, and PSi–AVA@HF–CEL by continuously
changing the pH-conditions. Both drugs were tightly trapped inside the microcomposites
(no drug release at pH < 6.0), thus achieved precisely controlled drug release profiles.
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Regardless of the polymer used, both PSi–AVA@MF–CEL and PSi–AVA@HF–CEL
exhibited initial ‘burst release’ profiles when the polymer layer started to dissolve, where
almost all the payloads were released from the microcomposites within 0.5 h at the different
threshold pH-values. The threshold pH-values can be ascribed to the solubility of MF and
HF at the different pH-conditions, in which MF starts to dissolve at pH values ≥6.0, whereas
HF starts to dissolve only at pH values ≥6.8. As for the PSi–AVA@MFHF–CEL, it shows
distinctive properties for the release of the payloads. When PSi–AVA@MFHF–CEL was
immersed in the release medium at pH 6.0, ca. 40% of the loaded AVA and CEL were
released within the first hour. Theoretically, only ca. 25% of the loaded cargos should be
released at pH 6.0 according to the ratio between MF and HF (1:3, w/w) in the
microcomposites. The higher amount of drug released in comparison to the theoretical
calculated value can be ascribed to the particular crisscrossed ravines and gullies formed in
PSi@MFHF (Figure 12). The percentage of AVA and CEL released from the PSi–
AVA@MFHF–CEL at the first stage (between pH 6.0 and 6.5) could also be controlled by
changing the ratio of MF and HF in the polymeric formulation, i.e., the higher the amount
of HF used, the lower is the percentage of payloads released (results not shown).

Figure 13. The release profiles of AVA (upper) and CEL (lower) from the different
microcomposites. PSi–AVA@MF–CEL, PSi–AVA@MFHF–CEL, and PSi–AVA@HF–
CEL were tested with continuous changes in the pH-conditions starting from pH 1.2 to
7.4 at 37 °C. The combination of free AVA and CEL was used as the control. Data
represent mean ± s.d. (n = 3). Copyright © (2014) John Wiley & Sons, Inc., reprinted
with permission from [249].

5.4.3 Impact of the microcomposites on cell proliferation
The impact of the multidrug loaded microcomposites on the proliferation of HT29 cells was
also evaluated. Due to the multistage pH-responsive properties of the microcomposites, four
different pH-conditions were used: 5.5, 6.0, 6.5, and 7.4. For all the pH-conditions tested,
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the combination of free AVA and CEL remarkably reduced the HT29 cell growth in a
concentration dependent manner (Figure 14). However, at the same concentration range
PSi–AVA@MF–CEL, PSi–AVA@HF–CEL and PSi–AVA@MFHF–CEL showed a
different effect on the cell proliferation at different pH-conditions tested. All three types of
composites PSi–AVA@MF–CEL, PSi–AVA@MFHF–CEL and PSi–AVA@HF–CEL, had
no significant impact on the proliferation of HT29 cells at pH 5.5. As the pH of the medium
increased to 6.0 and 6.5, the effect on the HT29 proliferation inhibition was found to follow
the following order: PSi–AVA@MF–CEL > combination of free AVA and CEL > PSi–
AVA@MFHF–CEL > PSi–AVA@HF–CEL. At pH 7.4 all the three multidrug loaded
microcomposites showed stronger HT29 proliferation inhibition effect than the free drugs
combination.

Figure 14. Proliferation profiles of the HT29 cells treated with serial concentrations of multidrugloaded microcomposites for 24 h. The total concentration of AVA and CEL (1:1, w/w)
ranged from 10 to 80 µg/mL, and the combination of free AVA and CEL was selected
as control. All experiments were conducted at 37 °C. Errors bars represent the mean
±s.d. (n = 3). The level of significance was set at probabilities of *p < 0.05, **p < 0.01
and ***p < 0.001. Copyright © (2014) John Wiley & Sons, Inc., reprinted with
permission from [249].

The cell proliferation effects of the multidrug-loaded microcomposites at different pHconditions are highly in accordance with their release profiles, which can be explained by
the pH-responsive properties of the polymer-containing microcomposites. Because the three
microcomposites do not release any drugs or PSi microparticles at pH 5.5, the proliferation
of HT29 cells incubated with the three different microcomposites is mainly affected by the
intact microcomposite carriers themselves. Therefore, the combination of bare AVA and
CEL showed the highest effect at pH 5.5. When the pH-value increased to 6.0 and 6.5, both
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the loaded drugs and encapsulated PSi microparticles were released from the PSi–
AVA@MF–CEL, and its total inhibition effect was higher than that of the combination of
free AVA and CEL. Only ca. 40% of the loaded drugs released at pH 6.0 and 6.5, thus the
cell proliferation inhibition effect of PSi–AVA@MFHF–CEL was weaker than the
combination of the free drugs. When the pH-value of the medium was increased to 7.4, all
the three multidrug-loaded microcomposites released all the payloads, thus showing a
higher proliferation inhibition effect for the HT29 cells than the combination of the free
drugs. The relatively higher cell proliferation inhibition effects of the multidrug-loaded
microcomposites compared to the combination of free AVA and CEL can be explained by
the close contact of the microcomposites to the HT29 cells, and consequently, leading to
high local drug concentrations in the vicinity of the cells as a result of the drug release from
the microcomposites [250]. The cytotoxicity of PSi microparticles could also partially lead
to the lower cell proliferation of the HT29 cells treated with drug-loaded microcomposites.

5.5 Acid-degradable polymer–PSi nanocomposites (V)
An advanced nanocomposite consisting of an encapsulated PSi nanoparticle and an aciddegradable polymeric matrix was efficiently prepared by a one–step microfluidic method.
Multidrugs with different physicochemical properties can also be simultaneously loaded
inside these nanocomposites with ratiometric control. To enhance the intracellular drug
delivery, a nona–arginine cell–penetrating peptide (CPP) was chemically conjugated onto
the surface of the prepared nanocomposites. The release of the payloads from the
nanocomposites was mainly controlled by the degradation rate of the polymeric matrix,
which only took place when the pH was <6.0 [234, 251], and thus, the nanocomposite was
located probably in the endosome or lysosomes of the cells after cell uptake.

5.5.1 Characterization of the acid-degradable nanocomposites
The TEM images, DLS for size and ζ-potential for the charge measurements, and FTIR of
the prepared nanocomposites are all presented in Figure 15. The TEM images (Figure 15a–
c) show the successful encapsulation of the PSi nanoparticles by the AcDX matrix, leading
to the formation of the PSipolymer nanocomposites. Morphologically, the PSi
nanoparticles presented an irregular shape (Figure 15b). After encapsulation within the
AcDX matrix, the PSi@AcDX nanocomposites were spherical in shape with a clear
improvement in the surface smoothness (Figure 15c). No significant changes in the
particle’s size were detected in the ligation step, indicating minimal particle decomposition
under the reaction conditions (Figure 15c–d). The low magnification TEM image (Figure
15e) of the PSi@AcDX–CPP illustrates its high size homogeneity, which was confirmed by
the narrow size distribution (Figure 15f). The average particle size of the bare AcDX
nanoparticles was ca. 350 nm, which is bigger than the PSi nanoparticles alone and
sufficient to encapsulate them. On the other hand, the average particle size of PSi@AcDX
and PSi@AcDX–CPP was similar to that of the bare AcDX nanoparticles.
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The encapsulation process and CPP–functionalization were also monitored by
measuring the ζ-potential of the prepared nanocomposites, as shown in Figure 15g. After
encapsulation within the AcDX matrix, the ζ-potential changed from ca. 32.4 ± 0.7 mV
(PSi) to ca. –46.3 ± 2.9 mV (PSi@AcDX). The obvious alternation in the surface charge
indicates the successful encapsulation of the PSi nanoparticles. The surface
functionalization by a CPP was also corroborated by the ζ-potential measurements, showing
a change in the ζ-potential of PSi@AcDX–CPP back to positive (18.3 ±3.0 mV) following
the reaction (Figure 15g). The prepared nanocomposites were further characterized by
FTIR to evaluate the surface chemical properties of the nanocomposites (Figure 15h). The
FTIR spectrum of the PSi@AcDX was very similar to that of the bare AcDX and no peak
from the PSi materials was detected, which is probably ascribe to the encapsulation
efficiency of the PSi nanoparticles, and thus, the surface of the PSi nanoparticles were
completely covered by the polymer matrix. In comparison with PSi@AcDX, the major
features for PSi@AcDX–CPP were the presence of the amide I ((C=O); 1657 cm–1) and II
((N–H); 1537 cm–1) bands due to the presence of CPP on the surface of the nanocomposite,
suggesting the successful functionalization of PSi@AcDX surface with CPP.

Figure 15. Characterization of the fabricated nanocarriers. The TEM images of AcDX (a), PSi
(b), PSi@AcDX (c) and PSi@AcDXCPP (d) demonstrate the successful
encapsulation of a PSi nanoparticle within the a AcDX nanoparticle; the
functionalization of PSi@AcDX with CPP had no obvious effect on the
nanocomposite’s morphology. The low magnification TEM image (e) and volume based
size distribution of PSi@AcDXCPP (f) both illustrate its high size homogeneity. The
ζ-potential (g) and ATR–FTIR spectra (h) of the generated nanocarriers confirmed the
encapsulation of PSi inside the AcDX matrix and successful surface functionalization
with CPP.
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5.5.2 Drug loading and release
The loading degree and encapsulation efficiency for the simultaneously loaded drugs (PTX,
SFN, and MTX) inside the produced nanocomposites are all presented in Figure 16a–b.
Due to the relatively high solubility in the inner phase (ethanol), the loading degree for both
PTX and SFN in the AcDX nanoparticles was tailored to ca. 5% (w/w) for the final
formulation. However, the maximum loading degree in the AcDX nanoparticles was only
ca. 0.14% (w/w) for the MTX. On account of the large pore volume and surface area, the
loading degree for MTX–PSi was close to 30%, which facilitates the role of the PSi
nanoparticles as the loading degree regulating agent for MTX. For this reason, after
embedding the MTX–PSi into the polymeric matrix, the loading degree of MTX increased
to ca. 4% (w/w). The drug-loaded PSi@AcDX was then functionalized with CPP, and
finally, the PSi@AcDX–CPP was simultaneously loaded with both hydrophobic and
hydrophilic drugs with precise ratiometric control.

Figure 16. Drug loading and release. The loading degree (a) and encapsulation efficiency (b) of
PTX, SFN, and MTX were all calculated based on the total weight of the drug-loaded
samples. The loading degree and encapsulation efficiency of the drug-loaded
PSi@AcDXCPP were all compared with those of AcDX; the levels of significance
were set at probabilities of *p < 0.05, **p < 0.01 and ***p < 0.001. The release
profiles of PTX (c), SFN (d), and MTX (e) from the PSi@AcDX CPP were evaluated
at both single pH-conditions (pH 7.4 and 5.0), and at a single–step change in the pHconditions starting from 7.4 to 5.0 (f) at 37 °C. Data represent mean ±s.d. (n = 3).
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To further investigate the pH-responsive properties of PSi@AcDX–CPP, dissolution
studies were conducted at both single pH-conditions (pH 7.4 and 5.0) and pH-conditions
with a single–step change of the pH-value from pH 7.4 to 5.0 (Figure 16c–f). The P-188
(5%, w/v) was added into the release media to allow sink conditions during the experiments
for all the payloads, particularly for PTX and SFN. The results showed that all the three
drugs were tightly trapped inside the PSi@AcDX–CPP (no drug release at pH 7.4), thus
achieved precisely controlled drug release profiles (Figure 16c–e). Regardless of the
solubility of the loaded drugs, they all exhibited similar release profiles at pH 5.0 which was
controlled by the polymer matrix degradation. When the drug-loaded PSi@AcDX–CPP
were exposed to the a single–step change of the pH-value, no payloads release was observed
at pH 7.4; after decreasing the pH to 5.0, all the three loaded drugs started to release at the
same rate, which was precisely controlled by the hydrolysis of the AcDX matrix (Figure
16f).

5.5.3 Effect of the nanocomposites on cell proliferation
Due to the clinical applications of the loaded therapeutics in breast cancer treatment, the
cytocompatibility of the fabricated platform was evaluated in MCF-7 and MDA-MB-231
breast cancer cell lines (Figure 17a–b). Both cell lines showed a considerable particle dose–
dependent cytotoxicity towards the bare PSi nanoparticles after 24 h incubation. However,
within the selected concentration range tested, the viability of both MCF-7 and MDA-MB231 cells incubated with the PSi@AcDX was always close to 100%, which was significantly
higher than that of bare PSi nanoparticles. The high cytocompatibility of PSi@AcDX can
be attributed to the encapsulation of the PSi nanoparticles within the biocompatible AcDX
matrix [233, 234], as well as due to the extremely low level of cell uptake of PSi@AcDX.
In contrast, a slightly decrease in the cell viability was observed for PSi@AcDX–CPP,
which could be attributed to their high cell uptake due to the presence of CPP.
Moreover, the impact of multidrug-loaded PSi@AcDX–CPP on the proliferation of both
MCF-7 and MDA-MB-231 cells, was also evaluated. For both cell lines tested, the
combination of free PTX, SFN and MTX remarkably reduced the cell growth in a
concentration–dependent manner (Figure 17c–d). However, the multidrug-loaded
PSi@AcDX had no significant impact on the proliferation of both cell lines. Following by
the ligation with CPP, the effect of drug-loaded PSi@AcDX–CPP on the inhibition of cell
proliferation was found to be significantly improved. Because of the extremely low level
cell uptake of the multidrug-loaded PSi@AcDX, the proliferation of breast cancer cells was
mainly affected by the intact nanocomposite, which showed good cytocompatiblity in both
cell lines tested (Figure 17a–b). Due to the pH-triggered decomposition in endolysosomal
compartments, the internalized AcDX will putatively result in osmotic shock and endosomal
rupture [233, 234]. Therefore, the uptake of the multidrug-loaded PSi@AcDX–CPP
released the payloads intracellularly as well as the encapsulated PSi nanoparticles, and thus,
showing a higher cell proliferation inhibition effect than that of multidrug-loaded
PSi@AcDX. Unlike the bare drug combinations that were indiscriminately more toxic to
the cells that the functionalized nanocomposites, the multidrug-loaded PSi@AcDX–CPP
showed controlled proliferation inhibition effect which was only taking place after the
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nanocomposites were uptaken by the cells, and consequent release of the cargos
intracellularly.

Figure 17. Proliferation inhibition in breast cancer cells. The cytocompatibility of different
nanocarriers towards the MCF-7 (a) and MDA-MB-231 (b) cells after 24 h incubation
based on the concentrations of PSi@AcDX, and PSi@AcDXCPP calculated form the
amount of PSi. Proliferation profiles of MCF-7 (c) and MDA-MB-231 (d) cells treated
with serial concentrations of multidrug-loaded nanocomposites for 24 h in pH 7.4. The
total concentration of PTX, SFN, and MTX (ca. 1:1:1, w/w/w) ranged from 0.01 to 100
μg/mL, and the combination of free PTX, SFN and MTX was selected as the control.
All experiments were conducted at 37 °C. Errors bars represent the mean ± s.d. (n =
3).
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6 Conclusions
In this dissertation, both traditional emulsion and droplet microfluidic methods were applied
to prepare PSi-based composites with precise control over the loading and release of the
simultaneously encapsulated cargos, thereby facilitating combination therapy, especially the
co-delivery of hydrophobic and hydrophilic payloads.
First, the potential of bare PSi nanoparticles in combination therapy was evaluated by
co-loading hydrophobic IMC and the hydrophilic peptide PYY3-36. The dual loading of
therapeutics was shown to enhance the overall loading degree of the PSi nanoparticles and
to accelerate the release rate for payloads. However, because the pores of PSi nanoparticles
are freely accessible, the drug release profiles were primarily determined by the
physicochemical properties of the payloads.
Next, to achieve prolonged drug delivery, a novel class of PSi-based solid lipid
nanocomposites (in a 1:1 ratio) was produced by an S/O/W emulsion solvent evaporation
method. The nanocomposite provided several advantages over the bare PSi nanoparticles,
such as superior stability in human plasma, improved cytocompatibility, reduced cellular
association, and prolonged drug delivery.
A droplet microfluidic technique was employed to produce PSi-based monodisperse
microcomposites with sustained drug release. The microcomposites consisted of drugloaded PSi microparticles efficiently embedded within SLM matrices. The introduction of
SLM not only rendered the surface of the PSi microparticles less hydrophobic but also
yielded microcomposites with uniform morphology and reduced cytotoxicity. These
microcomposites sustained the release of both hydrophilic and hydrophobic drugs and also
reduced the initial ‘burst release’ effect of the bare PSi microparticles.
Next, with the aid of microfluidics, the PSi microparticles were encapsulated into a
polymeric matrix to generate a pH-responsive multidrug-loaded microcomposite. The
prepared polymer/PSi–based microcomposites had monodisperse size distribution,
multistage pH-responsive properties, precise ratiometric control of the loading of the
different drug molecules, and tailored release kinetics. The release of payloads from the
microcomposites was controlled primarily by the dissolution properties of the polymeric
matrix.
Finally, a multidrug-loaded PSi-based nanocomposite was efficiently generated by a
one–step microfluidic approach. In this nanocomposite, a PSi nanoparticle was encapsulated
within an acid-degradable polymeric nanoparticle matrix, and multiple drugs were
simultaneously loaded in the nanocomposite with ratiometric control. After the conjugation
of a CPP onto the surface of the nanocomposites, intracellular drug delivery was greatly
enhanced. The release of payloads was primarily controlled by the degradation rate of the
polymeric matrix, and precise drug release into the endosome of cells occurred after cell
penetration.
Overall, a promising PSi-based multicomposite platform for controlled drug delivery
was prepared and characterized. This platform holds great potential in biomedical
applications for the targeted co-delivery of therapeutics and imaging agents to meet the need
for simultaneous therapy and disease monitoring (theranostics).
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