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Nanomedicine is a research field that has recently made 

significant progress in the areas of drug delivery.  A drug delivery 

vehicle must be able to carry a therapeutic cargo and be able to 

reach the target tissue and the intended intracellular target or 



	  

	   xxi 

compartment.  This dissertation will focus on two major applications of 

drug delivery vehicles and novel improvements in these areas.   

The first area is vaccine delivery, where sensitive biological cargo 

must be delivered to and activate immune cells.  A new peptide 

adjuvant called Hp91 was chosen to be co-delivered to dendritic cells 

along with an antigen to ensure activation.  The vaccine drug delivery 

vehicle designed to deliver these biomolecules consists of a poly(lactic-

co-glycolic acid) (PLGA) core with the antigen encapsulated inside 

and the peptide adjuvant either co-encapsulated or conjugated to 

the outside.  The PLGA successfully protected the protein and peptide 

from degradation, maintaining its activity.  The vaccine delivery 

vehicles showed a marked improvement over free Hp91 in both human 

and mouse dendritic cell activation, with a maximum of 44 fold 

increase in IL-6 stimulation when the peptide was conjugated to the 

surface.   

The second area of research presented here is systemic drug 

delivery.  For systemic delivery, long circulation is a desirable 

characteristic and poly(ethylene glycol) (PEG) is the current state of the 

art.  However, PEG presents two challenges: 1. PEG can hinder the 

nanoparticle from entering the cytosol across the endosomal or cellular 
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membrane, and 2. PEG can sometimes induce immunogenicity 

resulting in accelerated blood clearance after repeated dosing.    

A novel PEG shedding nanoparticle is presented as a solution to 

the first challenge. The ability to shed the PEG layer in response to a 

reduction in pH allows a fusogenic lipid layer to be exposed, which 

promotes membrane disruption.  For patients who respond 

immunogenically to PEG, a biomimetic apolipoprotein coating to 

replace PEG altogether is presented.  Apolipoprotein A1 is shown here 

to stabilize PLGA nanoparticles and increase their circulation half-life 

beyond that of the traditional PEG coating.   

These drug delivery vehicles were engineered from the 

foundation of a biodegradable, biocompatible PLGA polymer core 

with characteristic surface properties designed to overcome these 

specific challenges to drug delivery. 
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1.  INTRODUCTION 

 

1.1 Drug Delivery: Rationale 

 

In our everyday lives, the word ‘deliver’ has many meanings.  

Arguably, it is most commonly used in the sense ‘to send to an 

intended target or destination’.(1)  Especially regarding the delivery of 

commercial goods, we understand the need for vehicles – trucks, cars, 

ships, and planes – in order to transport and deliver to us the objects 

we buy and use everyday.  Without careful organization and planning, 

one ‘John Smith’ of Ohio might receive a package intended for 

another ‘John Smith’ of Iowa.  Or perhaps the correct recipient 

receives the package, but the handling of the package resulted in a 
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mangled box and contents that are broken and unusable.  Modern 

businesses and organizations expend a lot of effort to reduce or 

eliminate such occurrences in order to save costs associated with 

inefficient delivery as well as increase customer satisfaction.   

These same concerns of providing efficient and effective 

delivery are also being applied to the delivery of drugs within the 

human body.  Drug delivery ‘vehicles’ include minute nanoparticles 

that encapsulate drugs inside and macromolecules such as natural 

and synthetic polymers.  These drug delivery vehicles are being used to 

carry drug molecules to their intended destination while preventing 

damage to the drug molecules or removal from the body before they 

reach their target.  The need for such drug delivery vehicles becomes 

obvious when the multitude of prevalent diseases is considered along 

with the human body’s innate ability to neutralize, counteract, 

eliminate, or degrade foreign substances through an incredible variety 

of biological responses.   

The goals of drug delivery can be divided into three categories: 

1.  Improving drug efficacy, 2.  Improving drug safety, and 3.  

Improving patient convenience and compliance.   
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1.1.1 Improving drug efficacy through delivery 

Improving drug efficacy is especially important in the fight 

against hard to treat diseases such as cancer, antibiotic resistant 

bacterial infections, and chronic viral infections such as HIV and 

Hepatitis C.  While new drug discovery efforts are invaluable, improving 

the efficacy of existing therapies can help turn the tide against these 

deadly diseases, resulting in millions of lives saved.   

Cancer is an especially intractable disease due to high variability 

between incidents.  For example, according to the National Breast 

Cancer Foundation, the fight against breast cancer is not a fight 

against a single disease, but a fight against no less than seven major 

subclasses of breast cancer (Ductal Carcinoma In-Situ, Infiltrating 

Ductal Carcinoma, Medullary Carcinoma, Infiltrating Lobular 

Carcinoma, Tubular Carcinoma, Mucinous Carcinoma, and 

Inflammatory Breast Cancer).  Each of these types of breast cancer 

are classified based on what type of tissue the cancer first develops in 

as well as physical characteristics of the tumors or cancer cells 

themselves.(2, 3)   

In reality, each of these subclasses may be divided even further 

based on the actual genetic or epigenetic mutation that caused the 

cancer.(4)  The number of potential mutations in the approximately 
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20,000 genes in the human genome that might result in cancerous 

tumor formation is unknown at this time, but it is undoubtedly high.  

Each mutation represents a different disease, possibly requiring 

completely different therapeutic strategies, although the histology and 

presentation may be similar or even identical.(3, 4)  It becomes difficult 

to treat each genetic variation of cancer with a drug uniquely 

formulated specifically for that mutation.  Additionally, mutations may 

lead to drug resistance in the tumor cells, making the effective use of 

existing drugs even more challenging.(5-7)  By combining existing drugs 

with nanomedicine and drug delivery technologies, the number of 

possible tools available to the clinician treating cancer is multiplied 

and the chances of finding an effective formulation are greatly 

increased.(8, 9)  In addition, using proper drug delivery vehicles, 

multiple drugs can be delivered simultaneously, further increasing the 

available treatments for overcoming drug resistance in cancer 

tumors(6). 

Similarly, in the fight against antibiotic resistant microbes, the 

number of effective antibiotic drugs available is limited.  Recently, 

infections from bacteria strains resistant to our last line of antibiotic 

defense, the carbapenem class of antibiotic drugs that includes 

vancomycin, have been increasing in number.(10)  There are currently 
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no new drugs in the pipeline to combat carbapenem resistant 

bacterial infections.(11)  The widespread emergence of such infections 

is considered a significant threat to the public health.(12)  Hospital 

acquired infections of methicillin-resistant Staphylococcus aureus 

(MRSA) were responsible for the deaths of 19,000 Americans in 2005 

(the last year for which the US Centers for Disease Control has records).  

In order to prolong the lifespan of these critical, life-saving drugs, more 

efficient and effective delivery using nanomedicine technologies must 

be explored in earnest.   

Vaccination is another strategy that can benefit from the use of 

drug delivery vehicles.(13, 14)  Vaccinations rely on the body’s own 

defenses to combat the infection by providing the immune system with 

the proper tools to identify the infection.  In one immunological 

pathway, antigens from the infectious pathogen are taken up by 

dendritic cells (DCs), professional antigen presenting cells, which then 

present the antigens to other immune cells such as T cells and B 

cells.(15)  In this function, DCs act as messengers between the innate 

and the adaptive immune system, delivering the necessary information 

for pathogen identification.(16)  Figure 1.1 shows the lifecycle of a 

dendritic cell.  Newly activated B cells produce antibodies that lock 

onto the pathogenic antigens.  The antigen-antibody complex effects 
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the removal of the pathogen by either the complement cascade or 

by the liver and spleen.(17)  Activated Cytotoxic T cells and 

lymphocytes actively seek out the pathogens in order to neutralize 

them.(15)  

 

 

Figure 1.1.  Lifecycle of a dendritic cell showing uptake of antigen, 
migration to lymph nodes and interaction with other immune cells.(15) 
 
 

Vaccines attempt to artificially activate the immune system, 

conferring preventive immunity by teaching the immune system to 

recognize a specific pathogen using inactivated pathogens or specific 

pathogen associated proteins or other molecules.(15)  Drug delivery 

vehicles that are taken up more efficiently by the professional antigen 

presenting immune cells can improve the efficacy of the vaccine.(14, 

18, 19)  
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Vaccines have traditionally incorporated adjuvants that 

increase the immunologic activity but have no antigenic activity 

themselves.  The use of adjuvants allows immune system to respond 

more strongly, increasing immunity in the recipient.  Adjuvants do this 

by acting as synthetic versions of evolutionarily conserved molecules 

called pathogen-associated molecular patterns, or PAMPs.(15)   

Without the use of adjuvants, the innate immune system is not 

activated and immunity is conferred at a much lower level, if at all.  

This complex series of interactions is a fertile ground for improvements 

through the use of drug delivery vehicles.   

Immune cells preferentially engulf particulates of a certain 

size.(20, 21)  Using a drug delivery vehicle allows selection of 

particulate size independent of the antigen or adjuvant molecules 

being delivered.(22)   Additionally, co-packaging antigens and 

adjuvants into the same drug delivery vehicle can ensure that any 

immune cell that takes up the vehicle will be fully activated.(23-25)  This 

can improve the effectiveness of a vaccine and increase conferred 

immunity.(26)  New strategies are also being explored that combine 

personalized medicine and vaccination strategies to induce an 

immune response against cancerous tumors.(27, 28)  Drug delivery 

vehicles will play a key role in this emerging field of personalized 
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medicine by allowing tumor-associated molecules unique to the 

patient to be reliably and reproducibly delivered to the immune 

system.  Careful attention needs to be paid to avoid overstimulation of 

the immune system, which can lead to autoimmunity. 

 

1.1.2 Improving drug safety through delivery 

Certain classes of drugs such as potent chemotherapy drugs are 

effective because of their toxicity.  They are used to exploit differences 

between diseased cells and healthy cells, preferentially killing the 

diseased cells.  Because diseases such as cancer are mutations of 

healthy cells, these differences are often very slight and systemic 

toxicity is often a limiting factor in determining the maximum tolerable 

dose.(29)  Doxorubicin is a common chemotherapy drug whose most 

serious adverse side effect is cardiac toxicity, which can be fatal.(29-

34)  Adverse side effects such as nausea, hair loss, fatigue, etc. are also 

commonly associated with the use of chemotherapy drugs.  Drug 

delivery vehicles can be used to preferentially deliver these potent 

drugs to the tissue of interest through active or passive targeting while 

shielding the drugs from being taken up by healthy cells.(35-39)  This 

has the potential effect of reducing the overall systemic toxicity while 

increasing the efficacy.(37, 38, 40-43)  The use of drug delivery vehicles 
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can open up new classes of drugs for use that were previously too 

cytotoxic to use by delivering the drugs safely to the target site. 

 

1.1.3 Improving patient compliance and convenience through delivery 

Finally, patient convenience and compliance can be increased 

through the use of drug delivery vehicles.  Similar to reducing severe 

adverse side effects, reducing mild to moderate side effects can lead 

to greater compliance by the patient.  Drug delivery technologies can 

be applied to a wide range of drugs that do not typically cause life-

threatening side effects but may cause some slight discomfort or 

inconvenience in order to lessen the adverse effects of the drugs.(41, 

42)  Patients who experience fewer side effects are more likely to 

comply with the recommended course and dosing requirements, 

leading to an increase in patient satisfaction as well as increased drug 

efficacy.  Drug delivery formulations that make the drug easier to 

administer are just as likely to have a positive impact on patient 

compliance as formulations that reduce side effects.(41, 42)  

Additionally, drug delivery vehicles that release their cargo in a 

controlled manner can reduce the need for frequent dosing or the 

need for intravascular infusions.(40, 43)  These conveniences for the 
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patient could have a significant impact on patient satisfaction and 

compliance.   

The rationale behind drug delivery vehicles becomes clear when 

considering the improvements that can be achieved in drug efficacy, 

drug safety, and patient convenience and compliance through the 

use of carefully formulated drug delivery vehicles. 

 

 

1.2 Drug Delivery Strategies 

 

There is considerable effort to optimize drug delivery vehicles for 

efficacy, safety, and patient convenience and compliance.  Each 

particular application has its own requirements and constraints that 

must be accounted for.  In this section, several different strategies and 

key considerations will be discussed that become important when 

selecting or designing a drug delivery system. 

 

1.2.1 Administration routes 

In the rational design of drug delivery vehicles, first the route of 

administration must be considered.  The desirable characteristics of a 

drug delivery vehicle designed for intravascular injection are 
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understandably quite different than the desired characteristics of a 

peroral formulation.  As some drugs are not suitable for certain 

administration methods, the properties of the drug must be considered 

when choosing which administration route to pursue.  In the following I 

will discuss the most common administration routes along with some of 

their limitations and benefits, with special attention paid to the 

application of drug delivery vehicles. 

In peroral administration, a patient ingests the drug orally.  

Patient compliance is highest for peroral formulations because it is 

convenient and easy to swallow a pill or drink a liquid.  While this is 

therefore the most desirable formulation for any given drug, it is not 

always possible to administer a drug orally.  Some reasons why a drug 

might not be administered orally include: degradation of the drug 

molecule within the digestive system, inability of certain molecules to 

cross the gastrointestinal mucosa into the bloodstream due to size, 

charge, solubility or other characteristics, and slow pharmacokinetics.  

Although technically peroral delivery is a form of transmucosal delivery 

due to the fact that drugs taken orally must cross the gastrointestinal 

mucosa, I have singled out peroral delivery as its own administration 

route because of its ubiquitous and common nature. 
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Topical administration is the application of a drug directly onto 

the surface of the skin.  Small molecules can diffuse through the 

extracellular space in into the bloodstream while larger molecules are 

usually confined to the dermis and epidermis layers of the skin.  

Additionally, the lipid/water partition coefficient and degree of 

ionization of the permeant are important factors to consider for topical 

delivery.  Topical administration can be performed through the use of 

a cream, lotion, or solution applied directly to the skin or through the 

use of a transdermal patch that elutes drugs continuously from a 

polymer or hydrogel reservoir placed in extended contact with the skin.  

The nicotine patch is the most common transdermal drug delivery 

device available to consumers.  Depending on the permeant being 

administered, slow pharmacokinetics can be an issue, as can skin 

irritability or unpleasant residues left on the surface of the skin.  The 

extended, sustained release capability of the transdermal patch is one 

of its major advantages.  

Transmucosal delivery refers to the absorption of a drug through 

a mucus membrane.  Mucosae consist of an epithelial layer and a 

lamina propria as contrasted to the epidermis and dermis of the skin.  

Transmucosal delivery can present similar concerns to topical delivery 

with the added complications of mucosae generally being more 
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sensitive to irritation as well as increased immunologic activity from the 

mucosal immune system.  The presence of the frontline mucosal 

immune system has prompted some studies on transmucosal vaccine 

delivery.  Common transmucosal delivery methods are sublingual, 

vaginal, rectal, and conjuctival delivery as well as inhalation.   

Intravascular injection represents one of the quickest ways to 

administer a drug systemically.  Within one to two minutes the drug is 

uniformly distributed throughout the entire blood volume.  The body 

immediately begins to clear the drug from the bloodstream, typically 

via the liver, spleen, and renal system.  Rapid clearance from the 

blood is one of the major hurdles for intravascular injection.  In order to 

maintain drug concentration at the optimum therapeutic level, 

doctors often hook up an IV drip infusion to maintain the concentration 

over extended periods of time.  This limits the patient’s mobility and is 

less convenient and comfortable than a single injection.   

Subcutaneous and intramuscular injection involves injecting the 

drug not into the circulatory system but into the interstitial space of 

either the dermis or the muscle tissue.  This administration method is not 

as fast as intravascular injection but is generally faster than peroral, 

topical, or transdermal routes.  Repeated injections in the same site 

can lead to tissue damage over the long term. 
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Drug delivery vehicles are designed and chosen to maximize the 

bioavailability of the drug cargo with regard to the route of 

administration.  Particular drugs necessitate particular routes of 

administration owing to their inherent physical and chemical 

characteristics.  Likewise, particular diseases may dictate a specific 

administration route.  These factors along with safety and patient 

convenience and compliance should be carefully considered when 

choosing an administration route. 

 

1.2.2 Release profile modification 

One way in which a drug’s efficacy is optimized through the use 

of drug delivery vehicles is by the modification of the drug release 

profile from the delivery vehicle.  Different drugs have different 

concentration dependent therapeutic windows.  When the drug 

concentration falls below the minimum therapeutic level, little or no 

effect is observed.  When the drug concentration exceeds the 

maximum therapeutic window, the probability of experiencing 

adverse side effects is increased.  Depending on the disease and the 

drug being administered, either of these scenarios can be life 

threatening.  When administering a drug bolus, a sharp peak in drug 

concentration is seen quickly which then quickly begins to taper off as 
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the drug is eliminated from the body as shown in the single 

compartment model simulation presented in Figure 1.2.  When 

administered via intravascular injection, the initial mixing is very rapid 

and complete within one to two minutes.  The concentration drops 

exponentially as the drug is eliminated through the renal system and 

metabolized in the liver.  This necessitates either frequent low dose 

administrations of the drug in order to maintain the concentration 

within the therapeutic window or fewer large doses which result in 

longer times within the therapeutic window per dose but also peaks 

and valleys that lie outside the therapeutic window.  A model example 

of two such a dosing schedules is presented in Figure 1.3.  Intravenous 

infusions are often used to combat this very problem by continuously 

adding drug to the bloodstream at a rate sufficient to maintain the 

drug concentration at a steady state within the therapeutic window.  

The use of IV infusion is typically limited to hospital settings and restricts 

the patient’s mobility and comfort. 

A drug delivery vehicle that can release its cargo in a controlled 

manner over a period of time can serve as an internal reservoir or 

depot, maintaining the active drug concentration in the bloodstream 

within the therapeutic window for extended periods of time without 

the need for IV infusions and without causing unwanted side effects.   
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Figure 1.2.  Simulated time course of right atrial blood concentration 

after rapid intravenous injection of drug.  Inset shows contracted time 

scale.  Complete mixing occurs after less than two minutes.  After the 

sharp peak, concentration declines exponentially.(44) 
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Fig.1. Simulated time course of right atrial blood concentration 
following rapid intravenous injection of drug generated by Equ. 
(9), based on Q = 51/min, Q/CL = 30, MRT = 45 h, VRT/ 
MRT 2 = 1.8 and D = 0.75 mg (digoxin). The inset is for a con- 
tracted time scale. The dotted line represents the single-pass re- 
sponse of the system C(t) = (FD/Q) h(t), Equ. (1), used to define 
v0 

following a single passage around the circulatory 
system. This implies that the theoretical approach is 
based on the blood concentration in or near the right 
atrium, rather than on the peripheral venous blood 
concentration. Clearly, the time course after the first 
passage through the circulation is identical to the 
single-pass response as long as the contribution of 
drug recirculation can be neglected. In any case, it 
seems justified to identify the peak concentration 
following bolus injection with the peak concentra- 
tion of the single-pass response. 

As demonstrated by Weiss (1982 a), the frequen- 
cy function of drug circulation times, or circulatory 
transport function [h(t)], which determines the im- 
pulse response of the open system, can probably be 
approximated by the first passage-time density of a 
Wiener process with drift 
h(t) = a (t:tt)-3/2(2 ~zfl2) -1/2 
x exp [ - ( 1 -  o~t)2/(2fl2a't)], (1) 

where a = 1/tcirc is the reciprocal of the mean circu- 
lation time of the drug, and fl = O-circ/tcirc is the rela- 
tive dispersion of circulation times (oa¢irc is the var- 
iance). The same function has been previously used 
in indicator dilution theory (Homer and Small 1977, 
and references therein). 

The single-pass concentration vs time curve after 
a bolus dose D is given by C~(t) = (FD/Q)h(t), 
where Q is cardiac output and F is the fraction of 
dose that traverses the circulation intact in a single 
passage, i.e. E = 1-F is the total extraction ratio of 
the drug determining the total clearance (CL) of the 
system: C1 = QE, 

It can easily be shown that the peak concentra- 
tion 

Cma x = ( F D / Q )  h(tmax) 

is reached in the time interval 

(2) 

tmaax = fl2al ~ + ( ~ +  #-4)1/2] (3) 

after the first appearance of drug at the sampling site. 
This equation simplifies to 

tmax = [3 aft]- 1 for fl-4 ,~ 2 (4) 

which should be applicable in most cases. 
The parameters of the single-pass behavior a and 

fl can be derived from the basic pharmacoldnetic 
parameters of mean and variance of residence times 
of drug in the body (MRT and VRT, respectively), as 
well as the blood clearance (cf. Section 5); the car- 
diac output is required as the basic physiological pa- 
rameter of the system (Weiss 1982 a): 

a = Q/ (MRT CL) = Q/Vss (5) 
f12= Q ( V R T - M R T 2 ~  

C---L \ M--RT 5 ! + 1, (6) 

where Vss denotes the volume of distribution at 
steady-state (referring to right atrial blood concentra- 
tion), given by Vss = Qtoirc (Weiss and Ffrster 1979). 
Theoretically, the relative dispersion of circulation 
times (fl) approaches I if the same relationship holds 
for the relative dispersion of residence times 
( ~ / M R T ) .  This is the hypothetical limiting 
case of one-compartment kinetics, where the com- 
partment volume V =  V~s = V0 is defined as (cf. Weiss 
1981) 

V = M R T .  CL (7) 

It appears that a suitable definition of the initial 
apparent volume of distribution relates the dose 
available after the first passage through the circula- 
tion (FD) to the peak concentration Cmax, V0 = F D /  
Cmax, i.e. from Equ. (2) 

V0 = Q/h(tmax) (8) 

Using Equs. (1), (4), (5), (6) and (8), the distribution 
volume V0 can be calculated from the zero to second 
curve moments of the blood concentration-time 
curve (which determine MRT, VRT and CL) when 
the cardiac output (Q) is known. While in theory the 
curve moments refer to the right atrial blood concen- 
tration data, there is discussion in Section 5 as to 
whether in practice data based on peripheral venous 
sampling may also be used. 
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Figure 1.3.  Model shows an example pharmacokinetic elimination 

curve with repeated IV bolus dosing to maintain plasma concentration 

of drug within the therapeutic window.  Curves compare less frequent 

high doses with more frequent low doses as two different strategies to 

maintain plasma concentration. 

 
 
Solid polymer matrices were first shown to be capable of 

controlled release of proteins and other macromolecules in 1976.(45)  

The biodegradable polymer became more and more porous as the 

polymer chains were hydrolyzed, releasing the biomolecules physically 

encapsulated within the polymer matrix.  Since then, many different 

drug delivery technologies have relied on similar strategies to modify 

the release pattern of a drug cargo from nanoparticles made from 

polymers, lipids, biocompatible inorganic solids, and a host of other 
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materials.(8, 36, 46-51)  The ability to synthesize novel structures and 

polymers, including co-polymers and polymer conjugates, allows for an 

incredible variability in release kinetics.(52, 53)  Couple that with the 

change in release kinetics that results from modifying the physical 

structure and size of the drug delivery vehicle and it is not heard to see 

why advances are still being made in this research field.   

Active approaches to controlling the drug release profile are 

also being explored.  External triggers can induce a burst release of 

cargo from a properly designed delivery vehicle.  Ultrasound has been 

used to release cargo from polymer coated microbubles by varying 

the ultrasound intensity.(54)  Alternating magnetic fields have been 

used to heat up paramagnetic and superparamagnetic oxide 

particles in order to speed the degradation of a polymer matrix, thus 

releasing more cargo.  Photo-cleavable pro-drugs can be non-toxic 

throughout the body, but upon an externally applied stimulus at the 

target tissue site, the pro-drug is released and converted back into its 

active state.  Drug delivery researchers are investigating strategies that 

use a variety of external stimuli to control the release rate.   

The drug release profile remains one of the key parameters 

tuned by researchers in order to maximize the benefits of using a drug 

delivery vehicle. 
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1.2.3 Improving biodistribution 

Controlling biodistribution through the use of drug delivery 

vehicles is another strategy used to optimize a drugs efficacy and 

safety.  When encapsulated within a drug delivery vehicle, the drug 

delivery vehicle dominates the biodistribution until the drug is released.  

In the case of nanoparticle drug delivery vehicles, size is a key factor 

determining how the particles are cleared from the bloodstream.  

Tumors are known to have leaky vasculatures due to their irregular 

angiogenesis.(55)  Through the enhanced permeation and retention 

(EPR) effect, particles between 20-150nm have been shown to be able 

to exit the leaky vasculature of solid tumors.(56, 57)  Particles below 

10nm are cleared fairly quickly through the renal system.(57)  Particles 

above 150nm are cleared through the reticuloendothelial system and 

filtered out by the liver, spleen, and lungs.(58)  Thus, by changing the 

size of a drug delivery vehicle, the biodistribution is radically altered.  

The use of certain sized delivery vehicles to exploit such phenomenon 

as the EPR effect is known as passive targeting.  Modifying shape and 

morphology of the delivery vehicle surface has also been shown to 

have effects on biodistribution, uptake, and blood clearance.  Likewise, 



20 

	  

mechanical properties such as elasticity and deformability may also 

play a role in biodistribution. 

Modifying other physical and chemical characteristics can also 

alter biodistribution.  Surface zeta potential has been shown to have 

dramatic effects on the uptake of particles by the liver and spleen.  

Hydrophobicity has likewise been shown to increase adsorption of 

proteins onto circulating particles resulting in opsonization and rapid 

clearance from the bloodstream.   

Active targeting can also be used to alter or improve 

biodistribution.  Targeting moieties can be conjugated to or 

incorporated onto a delivery vehicle’s surface to enhance 

accumulation in certain tissues or promote uptake by certain cells.(59)  

Common targeting moieties include peptides, proteins, antibodies, 

and other synthetic and natural molecules shown to have affinity for 

specific targets expressed by diseased cells(60-65).  The search for 

compatible targets and ligands remains an active area of research to 

improve biodistribution, although generally other characteristics such 

as size, surface charge, etc. tend to dominate the biodistribution profile.  

Active targeting technologies are not yet to the point where the 

physical and chemical characteristics of the delivery vehicle can be 

ignored in the design and selection process. 
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1.2.4 Reducing elimination rates 

Another goal of drug delivery vehicles is to reduce the 

elimination rate so as to increase the residence time within the 

therapeutic window.  As discussed briefly in the preceding section, 

small molecules and drug delivery vehicles (below ~10nm) are quickly 

eliminated from the body through the renal system and are expelled 

through the urine.(58)  Larger particles are commonly filtered out and 

degraded by the liver or become trapped in the exceedingly fine 

capillary beds in the lungs.  Unless the target tissue is the liver or lungs, 

this fate is essentially equivalent to elimination from the body.  The 

immune system also plays an important role in eliminating foreign 

material, or in this case administered drug delivery vehicles, from the 

body.  The reticuloendothelial system, or mononuclear phagocyte 

system, consists of primarily monocytes, macrophages and dendritic 

cells that filter out foreign material and pathogens through 

phagocytosis and enzymatic degradation.  These phagocytic cells 

accumulate in the lymph nodes and spleen where they interact with 

other immune cells.  Uptake by these phagocytic cells, along with the 

Kupffer cells of the liver, must be avoided in order to reduce overall 
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elimination rates.  One notable exception is in vaccine delivery where 

uptake by the immune cells is the ultimate goal. 

Figure 1.4 shows a model of a typical two-compartment 

pharmacokinetic response to an IV bolus injection.  The drug 

concentration in the plasma is monitored over time and shows a sharp 

decrease initially followed by a slower exponential decrease which 

appears as a straight line when plotted on a semi-log scale.  The initial 

fast decay, or α decay, can be thought of as the perfusion and 

distribution rate as the drug molecules are distributed throughout all of 

the perfused tissues through the capillary system.  The second slower 

decay, or β decay, represents the true elimination rate from the body.  

The slope of the α and β portions of the curve when plotted on a semi-

log scale can be used to calculate the distribution and elimination 

half-lives using the following equation 

Cp = A ! e"# !t + B ! e"$!t  (1.1) 

where Cp is the concentration of the drug in the plasma, A is a 

distribution constant and B is an elimination constant.  The distribution 

and elimination half-lives can be calculated directly from the slopes 

with the following: 
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t1/2,! =
ln2
!
,t1/2," =

ln2
"  (1.2) 

Poly (ethylene glycol) or PEG is commonly used to avoid uptake 

by the mononuclear phagocyte system and to improve circulation 

half-life of drug delivery vehicles circulating in the bloodstream.  PEG is 

a biocompatible, biodegradable hydrophilic polymer.  When 

attached to the surface of a nanoparticle drug delivery vehicle, the 

PEG molecules create a hydration layer around the particle preventing 

the adsorption of serum proteins onto the surface, and thus reducing 

clearance from the bloodstream by the immune system.  Additionally, 

PEG sterically stabilizes the nanoparticles preventing aggregation 

during fabrication, storage, and circulation.  Other ‘stealth’ coatings 

have been developed to function in similar ways to PEG by preventing 

recognition of the foreign material by the immune system.   

 

1.2.5 Common delivery vehicle formulations 

Liposomes are one of the most common drug delivery vehicles 

approved for clinical use.  They consist of a lipid bilayer membrane 

and an aqueous core.  Liposomes are often PEGylated to improve  
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Figure 1.4.  Simulation of a two-compartment pharmacokinetic model 

depicting a single IV bolus dose.  A) Typical two-compartment model 

of plasma concentration of a drug after IV injection.  B) Nonlinear 

regression showing a two-phase decay, a fast (α) and a slow (β) decay, 

as indicated by the slopes of the two fit lines.  For many drugs, the two-

compartment model is a very good approximation. 
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their circulation half-life.  Liposomes are typically used to deliver water-

soluble drugs encapsulated within their aqueous core, but a limited 

amount of lipid-soluble drugs can also be incorporated into the lipid 

bilayer.  Methods have been developed to increase the loading 

capacity of liposomes for certain drugs.  The most notable example is 

Doxil, the first FDA approved liposomal formulation of a drug.  An 

ammonium sulfate gradient (high inside/low outside) is used to 

preferentially drive doxorubicin, a chemotherapy drug, into the 

liposome.  Once inside the liposome where the concentration is 

increased, the doxorubicin crystallizes allowing further loading.  The 

drug Myocet is another example of gradient loading, this time relying 

on a proton gradient to load doxorubicin citrate into liposomes.  Since 

the approval of Doxil in 1995, the FDA has approved many other 

liposomal formulations of drugs for use in the clinic.(66)   

Polymer based drug delivery vehicles are also increasingly 

common.  There currently exist at least 24 approved nanoparticle 

formulations available on the market, including polymeric and lipidic 

formulations.(66)  Common formulations use synthetic biodegradable 

and biocompatible polymers such as poly (lactic acid) (PLA), poly 

(glycolic acid) (PGA), poly (lactic-co-glycolic acid) (PLGA), poly-ε-

caprolactone (PCL), poly (ethylene glycol) (PEG), and poly 
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(hydroxybutyrate) (PHB).  Other polymers that are biocompatible but 

not necessarily biodegradable include polycarbonate, polysulfone, 

polyvinyl chloride, polypropylene, polymethylacrylate, silicones, and 

polystyrene.   

Polymer macrostructures have been implanted to treat tumors 

through sustained release of drug and drug-eluting stents use polymer 

coatings containing drugs to reduce thrombosis and formation of clots 

in blocked arteries.  Other implantable devices rely on polymers to 

deliver drugs over extended periods of time.  However, polymeric 

nanoparticle formulations may prove to be more versatile in delivering 

drugs without the need for surgery or implantation.  Emulsion (single 

and double), nanoprecipitation, templating, spray drying, 

electrospinning, and in situ polymerization are methods commonly 

used to produce synthetic polymeric nanoparticles.  Hyperbranched 

polymers and dendrimers are also used for drug delivery purposes.  

Dendrimers have the advantage of being monodisperse and 

symmetric.  They are also able to have different properties in their core 

and shell by changing the polymer reactions at different stages of the 

synthesis.  Each addition of a new branch is allowed to go to 

completion and therefore, size is highly controllable by changing the 

number of branch generations that are allowed to form.  Dendrimers 
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have been used as drug delivery vehicles but are expensive to 

produce, limiting their commercial viability.    

Natural biopolymers include polypeptides and proteins, 

polynucleotides, polysaccharides, and cellulose.  Due to 

manufacturing constraints, biopolymers are not yet as widely used in 

FDA approved drug delivery formulations as synthetic polymers. 

In addition to nanoparticle based drug delivery systems, drug-

polymer conjugates are also used.  In this strategy, one or more small 

molecule drug molecules are directly conjugated to a polymer or 

other macromolecule and administered as such.  The polymer 

conjugated to the drug can dominate the bioavailability, 

biodistribution, and elimination characteristics of the conjugate due to 

its much higher molecular weight compared to small molecule drugs.  

The release profile only becomes an issue if the molecule must be 

cleaved from the polymer in order to regain activity. 
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1.3 Challenges to drug delivery 

 

Having given a brief overview of the various goals and some of 

the strategies of drug delivery vehicles, this dissertation will now focus 

on challenges associated with two specific drug delivery areas: 1.  

Vaccine delivery, and 2.  Systemic delivery. 

 

1.3.1 Vaccine delivery challenges 

Vaccines are used as a prophylactic measure against many 

common diseases.  Traditionally, a vaccine consists of material that 

mimics the disease causing pathogen but does not itself cause disease.  

When administered, the body’s immune system recognizes the foreign 

material and develops an immune memory against the pathogen.  In 

the future, when the person is infected with the disease causing 

pathogen, the immune system is already primed and able to deal with 

the infection much more efficiently due to the previous exposure, thus 

preventing the infection from developing.  Vaccine material is often 

prepared from attenuated or killed pathogens.  Vaccines can also be 

prepared from inactivated toxoids that cause the disease, as in the 

case of tetanus and diphtheria.(25, 26, 67)   
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Additional research is being performed in the area of 

therapeutic vaccines where the goal is to treat a disease rather than 

prevent or ameliorate a future occurrence.(14, 24, 27)  This research is 

especially promising in the area of cancer vaccines.  Because 

cancerous cells are derived from self, they still maintain all of the self-

recognition molecules such as the MHC class of molecules and are 

often not recognized by the immune system as pathogenic.  Cancer 

vaccines aim to break that recognition as self in order to enlist the help 

of the immune system to fight the tumor.  This strategy involves 

delivering to immune cells a molecule that is expressed by the caner 

cells that can also be recognized as an antigen.   

This dissertation will discuss several key challenges that present 

themselves when pursuing this strategy.  The first is the successful 

delivery of the chosen antigen to the proper immune cells.  Phagocytic 

cells such as macrophages, monocytes, and dendritic cells naturally 

engulf particulate material and pathogens in their environment.  

Dendritic cells also routinely sample their environment for antigens and 

even ‘nibble’ on small quantities of cellular membrane from the 

healthy cells around them.  Memory T cells can be activated by 

macrophages, B cells, or dendritic cells; however, dendritic cells are 

the only cells capable of activating a naïve T cells.  Therefore, a 
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cancer vaccine must be able to deliver the tumor expressing antigens 

to dendritic cells in such a way that the dendritic cells are matured 

and capable of activating other immune cells.  Drug delivery vehicles 

can enhance the uptake of the antigens by immune cells due to their 

larger size, which approximates foreign particulate matter.(67, 68)  

Using a drug delivery vehicle allows particle size to be controlled 

independent of the cargo being delivered, ensuring phagocytosis.(68, 

69)  

Vaccines do not need to be delivered systemically; typical 

administration routes are subcutaneous injection or transmucosal nasal 

delivery.  Immune cells, particularly dendritic cells, patrol the skin and 

mucosae that come into frequent contact with the environment.  

Since they are not delivered intravascularly, drug delivery vehicles 

intended for vaccine delivery do not need to have a long circulation 

half-life.   

Another challenge associated with vaccine delivery is the 

protection of unstable biomolecules.  Peptides, proteins and 

polynucleotides, which are prime candidates for use as vaccines, are 

generally not stable in vivo.  Such biomolecules acting as antigens 

must be protected from degradation during the delivery to the 

immune cells, as their potency as a vaccine or adjuvant decreases 
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upon degradation.  A drug delivery vehicle should be capable of 

protecting sensitive biomolecules from enzymatic degradation, 

hydrolysis, oxidation, and other forms of degradation that occurs in 

vivo.  Drug delivery vehicles that protect biomolecules sufficiently may 

even play an important role in developing oral vaccines.   

The final challenge that will be discussed in connection with 

vaccine delivery is the co-delivery of both an antigen and adjuvant.  

Immune cells must receive a secondary activation signal upon 

recognizing an antigen.  In the case of actual infections, pathogen 

associated molecules such as lipopolysaccharides, components of 

bacterial cell walls, and specific forms of nucleic acids (double 

stranded RNA, single stranded DNA, and unmethylated CpG DNA 

sequences) all may serve as the secondary activation signal.  With a 

vaccine, these secondary signals are artificially introduced through the 

use of an adjuvant molecule.  Common adjuvants are inorganic 

aluminum salts such as aluminum phosphate and aluminum hydroxide.  

These inorganic adjuvants work by inducing inflammation at the 

vaccine injection site, which causes the release of cytokines, 

chemokines, and other immunomodulators by inflammatory cells.  

These inflammatory markers act as the necessary secondary activation 

signals needed for the antigen presenting cells to mature.  New 
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research is being done to explore the use of biomolecules that may 

serve as adjuvants in place of the inorganic salts.  These biological 

adjuvants function independent of inflammation and therefore are 

able to reduce the inflammatory side effects associated with 

traditional adjuvants.  However, an immune cell must encounter and 

engulf both an antigen molecule and an adjuvant molecule at once 

or the immune cell may become desensitized to the antigen and 

recognize it as self, making it difficult or impossible to later activate 

against that antigen.  Drug delivery vehicles can play a key role in 

overcoming this challenge, as many are able to encapsulate and 

deliver more than one cargo in a single vehicle.   

 

1.3.2 Systemic delivery challenges 

Systemic delivery differs from vaccine delivery in that vaccine 

delivery has the goal of delivering the cargo directly to the immune 

system while systemic delivery is required to evade the immune system 

in order to increase the circulation half-life.  As was discussed in 

previous sections, there are several commonly used strategies 

employed to evade the immune system and increase circulation half-

life with the most common strategy being a PEG coating.(70-73)  The 

PEG coating acts to stabilize and prevent protein adsorption onto the 
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particle surface.(71)  As proficient as PEG may be in increasing the 

circulation half-life of drug delivery vehicles, it may be detrimental to 

the efficient delivery of the cargo into the cytosol of the cell once the 

vehicle arrives at its destination.(74, 75)  The PEG layer may prevent the 

particle from being taken up into the cell or prevent it from escaping 

the endosome after being endocytosed.(76) 

If the drug delivery vehicle cannot deliver its cargo to the interior 

of the cell where it can be active, the benefits of using a drug delivery 

vehicle are greatly diminished.  Developing a drug delivery vehicle 

that is simultaneously able to maintain a long circulation half-life while 

also being able to deliver its cargo to the interior of the cell remains a 

key challenge in systemic delivery.   

Although PEG was previously thought to be non-immunogenic, 

the human immune system is incredibly complex and adaptive and it 

has been shown that PEG can cause immunogenicity.(77, 78)  

According to one study, 25% of Americans were shown already to 

have anti-PEG antibodies in detectable in their bloodstream.(79)  

Another study showed accelerated blood clearance after repeated 

dosing with PEGylated nanoparticles.(80)  As we have learned from 

the over prescription of antibiotics and the resulting ‘superbugs’, it is 

unwise to rely on a single technology to solve a problem when dealing 
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with a highly adaptive system.  A replacement system for PEG that 

maintains the long circulation times for drug delivery vehicles is 

necessary in order to avoid causing adverse reactions in individuals in 

which PEG causes and immune reaction.   

The remainder of this dissertation will focus on novel drug delivery 

systems that address these challenges with both vaccine and systemic 

delivery.  The primary design elements of the drug delivery vehicles will 

be the modification of the surface properties in order to impart 

bioactive or bioresponsive characteristics. 
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2.  PLGA NPs as a Vaccine Drug Delivery 
Vehicle 

 

 

2.1 Introduction 

Vaccination remains the most successful prophylaxis for 

infectious disease and in the past decades it has also been explored 

as an approach to prevent or cure cancer.(27, 28)  Since peptides 

tend to be unstable in vivo, NPs can protect them from degradation 

and potentially increase the immune response to peptide and possibly 

protein vaccines.  Encapsulation of antigen peptides into 

biodegradable spheres has been shown to increase MHC-class-I 

presentation.(23)  Delivery of OVA protein as antigen in Poly-g-

Glutamic acid nanoparticles (gPGA-NPs) lead to increased immune 
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responses in comparison to vaccinations using the same amount of 

free OVA protein.(81)  Additionally, enhanced immune responses were 

observed when the cancer associated antigen MUC-1(82, 83) as well 

as Tetanus Toxoid (25) was delivered using Poly-lactic-glycolic acid 

nanoparticles (PLGA-NPs).(26)   

Dendritic cells (DCs) are the most potent antigen-presenting cells 

and central for the initiation of adaptive immune responses.(16)  Figure 

2.1 shows the intercellular relationships the DCs have with other 

important immune cells.  DCs need to receive a maturation signal in 

order to present antigen, upregulate co-stimulatory and adhesion 

molecules, and become potent activators of T cells.  Antigen-

displaying mature DCs can then activate T cells to act as CTLs.  

Collaborating researchers previously identified several 

immunostimulatory peptides (ISPs), derived from the endogenous 

protein HMGB1, which can activate both mouse and human DCs.(84)  

It was shown that the 18 aa long ISP named Hp91, when used to 

activate DCs, can induce potent antigen-specific CTL responses(85).  

Due to their immuno-activating properties, ISPs are attractive 

candidates for vaccine adjuvants.  In an effort to develop ISPs for 

vaccine adjuvant usage, we evaluated whether Hp91 could be 

incorporated into PLGA (poly-DL-lactic-co-glycolic acid) nanoparticles 
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(PLGA-NPs) and still maintain its activity.  PLGA was chosen as material 

for our NPs, since it is a biodegradable and biocompatible polymer (18, 

52, 53, 86) which has been employed for numerous in vivo applications. 

(87-89)  In addition, polymeric NPs are more stable in the 

gastrointestinal tract as compared to other carriers like liposomes and 

can be used for oral vaccine development.(90)  Different composition 

polymers allow for controlled and prolonged release of cargo, allowing 

for antigen depot formation at the injection site, again another major 

advantage for vaccine development.(91)  We found that delivery of 

Hp91 inside as well as conjugated to the outside of PLGA-NPs not only 

preserved their DC stimulatory capacity, but was more potent as 

compared to free Hp91 peptide.  Thus, delivery of ISPs inside or outside 

of PLGA-NPs is a promising delivery platform for subunit vaccines of 

infectious disease and cancer. 

 

2.2 Experimental Methods 

2.2.1 Peptides 

Peptides were purchased with an N-terminal biotin at 97% purity 

from Genscript Corporation (Piscatway, NJ).  The peptides contain the 



38 

	  

following sequences: Hp91: DPNAPKRPPSAFFLFCSE and Hp121: 

SIGDVAKKLGEMWNNTAA.  When used as free peptide, the peptides 

were dissolved at 2 mg/ml in 5% DMSO/RPMI. 

 

 

Figure 2.1.  Dendritic cells are professional antigen presenting cells and 

are at the center of the immune system, interacting with other immune 

cells to mediate an immune response. 
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2.2.2 Synthesis of PLGA nanoparticles 

PLGA (poly-DL-lactic-co-glycolic acid) nanoparticles (NPs) that 

carried the immunostimulatory peptide Hp91 peptide inside or on the 

outside were synthesized.  Whether the nanoparticles had Hp91 inside 

or outside, bovine serum albumin (BSA) was encapsulated inside to 

serve as a model antigen.  Nanoparticles that contained only the 

bovine serum albumin, absent the Hp91 adjuvant, were synthesized to 

serve as “carrier” control.   

The particles were made using the water-in-oil-in-water (w-o-w) 

double emulsion method.  The PLGA co-polymer (polymer ratio 50:50) 

was dissolved at 25 mg/ml in chloroform and vortexed for 1 hour.  To 

make a 30 mg batch of PLGA-NP loaded with Hp91, Hp91 was 

dissolved in DMSO at 20 mg/ml and 30 µl was added to 270 µl of an 

aqueous BSA solution (10 mg/ml).  As a control, 300 µl BSA solution was 

used to make empty NPs.  The Hp91/BSA solution was added to the 

PLGA dissolved in chloroform, and then vortexed and sonicated.  This 

created the first emulsion (water in oil).  Subsequently this mixture was 

slowly added to 10x the volume of 2% (w/v) polyvinyl alcohol and the 

emulsion was vortexed and sonicated to create the double emulsion.  

The double emulsion was stirred over night at RT to evaporate off the 
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chloroform, solidifying the particles.  The next day the emulsion was 

stirred under a dessicator in vacuum to remove the remaining 

chloroform.  The particles were washed 3 times with LPS-free water 

(Thermo Scientific, HyClone Laboratories, Inc., Logan, UT) by 

ultracentrifugation for 30 min at 30,000 rpm (Beckman Coulter Optima 

L-90K Ultracentrifuge) and the PLGA-NP were lyophilized for storage at -

20oC.  PLGA-NPs were dissolved in PBS at 1mg/ml before addition to 

the cells. 

Hp91 was conjugated to the surface of empty NPs using the 

linker molecule Denacol EX-521 (Figure 2.2).  NPs were suspended in 

borate buffer (pH5) containing Denacol EX-521 (linker) and 

zinctetrafluroborate hydrate (catalyst).  The sample was mixed by 

vortexing and sonication.  For activation of the NPs, the sample was 

stirred for 30 min at 37oC.  To remove un-reacted Denacol, the 

activated NPs were washed with water by ultracentrifugation and 

resuspended in borate buffer.  To couple the Hp91 peptide, the 

peptide was dissolved in DMSO and borate buffer and added to the 

activated NPs.  The reaction was carried out for 2h at 37oC under 

constant stirring.  Excess unbound peptide was removed by 

ultracentrifugation and the samples were lyophilized for storage.  The 
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amount of Hp91 on the surface of NPs was quantified by HPLC.  PLGA-

NPs were dissolved in PBS at 1mg/ml before addition to the cells. 

 

 

 

Figure 2.2.  Synthesis scheme for conjugation of Hp91 to the surface of 

PLGA-NPs.   
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2.2.3 Characterization of PLGA-NPs 

The NP formation was analyzed for particle size by dynamic light 

scattering (DLS) using a Zetasizer Nano ZS (Malvern, Worcestershire, UK).  

A spectral scan of the Hp91 peptide was performed and the peptide 

but not the polymer was detected at 211 nm.  To quantify the amount 

of Hp91 present inside or on the surface of the PLGA-NPs, per mg NPs, 

the NPs were weighed and then dissolved in acetonitrile for 30 min (for 

NPs loaded with Hp91 inside) or over night (for NPs with Hp91 

conjugated to the outside) under constant shaking at room 

temperature and peptide content was quantified by HPLC (column: 

WATERS DELTA PAKC18 5 microns, Waters Corporation, Milford, MA) at 

211 nm in comparison to a Hp91 standard curve.   

 To measure stability of the peptide-NPs, 100 ml of particle solution 

was added to multiple micro dialysis cassettes with a cutoff of 10,000 MW 

and dialyzed against 1 L of PBS buffer at pH 7.4 or potassium hydrogen 

phthalate buffer at pH 5.  At each time point, two samples were 

recovered from the micro dialysis cassettes for each buffer condition and 

the volumes were brought up to 125 ml to keep all volumes constant.  To 

each sample, 125 ml of acetonitrile was added to dissolve the PLGA-NPs 

and release the remaining Hp91 peptide.  The samples were shaken for 1 
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hour and then the total amount of Hp91 in each sample was quantified 

using HPLC.  The amounts were normalized against the starting 

concentration of Hp91 before dialysis, which was set at 100% to calculate 

the percent release. 

 In order demonstrate that the peptide was covalently linked to the 

PLGA particles and not only adsorbed to the surface, 100 ml of Hp91 

conjugated PLGA-NPs were sonicated for 3 min and the supernatant was 

removed using a 10k Microcon Amicon spin column (Millipore, Billerica, 

MA).  As control, 10 ml of Hp91 conjugated PLGA particles were filtered 

using the spin column without the sonication step.  Both the filtrate and 

the retentate were analyzed for peptide content by HPLC.   

 

2.2.4 Atomic force microscopy 

AFM experiments were performed with a Multimode V SPM 

system (Veeco Instruments Inc.).  Height, amplitude, and phase images 

were obtained in tapping mode in ambient environment with Tapping 

Mode Etched Silicon Probes (TESP, Veeco Instruments Inc.).  Only phase 

images are shown unless specified.  The scan rate is 0.5Hz.  Here, AFM 

phase imaging is used to provide nanometer-scale information about 

surface structure.  During the topographic tapping mode scan, the 
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AFM phase lag of the cantilever oscillation is simultaneously monitored, 

which is very sensitive to variations in material properties.   

 

2.2.5 Animals 

FVB.N\neu-tg mice were derived from in house breeding stocks 

at the Moores UCSD Cancer Center animal facility.  All animal studies 

were performed with human care of animals and approved by the 

Institutional Animal Care and Use Committee of UCSD and were 

performed in accordance with the institutional guidelines. 

 

2.2.6 Generation of mouse BM- DCs 

Bone marrow-derived dendritic cells (BM-DC) were prepared 

from HER-2/neu transgenic mice (H-2q) as described by Inaba et al.  

(92) with minor modifications.  Briefly, single bone marrow cell 

suspensions were obtained from femurs and tibias, depleted of 

lymphocytes, granulocytes, and Ia+ cells using a mixture of monoclonal 

antibodies (anti-CD4, anti-CD8, anti-B220/CD45R, and anti-Ia) for 45 

min on ice, followed by incubation with low-toxicity rabbit 

complement for 30 min at 37oC.  Cells were resuspended at a 

concentration of 106 cells/ml in medium supplemented with 
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recombinant murine GM-CSF (10ng/ml).  Fresh media (RPMI/5%FCS) 

containing GM-CSF was added on days 2 and 4 of culture.  On day 6 

cells were collected for the experiments. 

 

2.2.7 Generation of human monocyte-derived DCs 

Peripheral blood mononuclear cells (PBMCs) were isolated from 

the blood of normal volunteers over a Ficoll-Hypaque (Amersham 

Biosciences, Uppsala, Sweden) density gradient.  Anonymous blood 

was purchased from the San Diego Blood Bank, thus no IRB approvals 

are needed.  To generate DCs, PBMCs were allowed to adhere to 

culture plates for 1h.  The non-adherent cells were washed off and the 

adherent cells were cultured in RPMI 1640 medium supplemented with 

2 mM L-glutamine (GIBCO-BRL Life Technologies; Grand Island, NY), 50 

mM 2-mercaptoethanol (Sigma, St.  Louis, MO), 10 mM HEPES (GIBCO-

BRL), penicillin (100 U/ml)-streptomycin (100 mg/ml) (GIBCO-BRL), and 

5% human AB serum (Human AB serum, Gemini Bio Products West 

Sacramento, CA), supplemented with 1000 U/ml GM-CSF (Bayer 

HealthCare Pharmaceuticals (Wayne, NJ) and 200 U/ml IL-4 (R&D 

Systems, Minneapolis, MN ) at days 0, 2, and 4.  Immature DCs were 

harvested on days 5-7.   
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2.2.8 Stimulation of DCs 

105 immature DCs were incubated in 100 ml culture media with 

the indicated amounts of empty or peptide carrying NPs, free Hp91 

peptide, free Hp121 peptide, a cocktail of inflammatory cytokines 

(CyC) consisting of IL-1b at 10 ng/ml, TNF-a at 10 ng/ml (R&D Systems), 

and PGE2 at 1 mg/ml (Sigma), or 10 ng/ml LPS (Sigma).  48h after 

activation the cell culture supernatants were collected and analyzed 

for cytokines by ELISA (eBioscience, Inc.  San Diego, CA).   

 

2.2.9 Analysis of DC phenotype 

DCs were incubated for 20 min at 4oC in 100 ml of PBS/5% 

FCS/0.1% sodium azide (staining buffer) with Phycoerythrin-conjugated 

IgG mAb specific for CD80 and CD40, and APC-conjugated IgG mAb 

specific for CD11c (eBioscience).  Cells were washed four times with 

staining buffer, fixed in 3.7% formaldehyde in PBS (pH 7.2–7.4), and 

examined by flow cytometry using the FACSCalibur (Beckon Dickinson).  

In all experiments, isotype controls were included using irrelevant mAb 

of the same Ig class conjugated to the same fluorophor.  Data was 
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analyzed using the FlowJo 7.2.2 software.  Data are shown as mean 

fluorescence intensity gated on CD11c+ cells. 

  

2.2.10 Statistical analysis 

Data are represented as mean +/- SD if not otherwise indicated.  

Data were analyzed for statistical significance using Student’s t-test.  p-

values < 0.05 were considered statistically significant. 

 

 

2.3 Results and Discussion 

 

2.3.1 Characterization of PLGA-NPs 

To demonstrate the presence of Hp91 on the surface of the 

PLGA-NPs, we applied atomic force microscopy comparing empty 

PLGA-NPs to PLGA-NPs that have been conjugated with Hp91 (NP-

Hp91).  PLGA-NPs with peptide show a rough surface, note arrows 

(Figure 2.3 right image) compared to empty PLGA-NPs generated in 

the absence of peptide (Figure 2.3 left image).  Although AFM only 

indicates the presence of protein on the PLGA-NP surface, since the 

difference in synthesis was presence or absence of Hp91, we conclude 
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that the detected protein on the surface is Hp91.  The presence of 

Hp91 on the PLGA-NP surface was confirmed and quantified by HPLC 

at 211 nm, which detected peptide in the preparation with Hp91 on 

the PLGA-NP surface, but not on empty NPs.  As measured by HPLC 112 

mg Hp91 were conjugated per mg PLGA-NP.  These data indicate that 

we successfully conjugated Hp91 to the outside of the PLGA-NPs.   

 

 

Figure 2.3.  Atomic force microscopy phase images of empty NPs and 

NPs conjugated with Hp91.  Arrows point to the areas where peptide 

was detected on the NP surface.   

 

 

 

 

PLGA PLGA-Hp-91PLGA PLGA-Hp-91PLGA PLGA-Hp-91
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 In order to test whether or not the peptide was covalently linked to 

the PLGA particles or only adsorbed to the surface, the peptide-

conjugated PLGA-NPs were sonicated to release loosely bound peptide, 

spun down using a using a 10k Microcon Amicon spin column, and the 

supernatants were analyzed for the presence of peptide by HPLC.  After 

sonication for 3 min, approximately 4.4% of the total Hp91 was measured 

in the supernatant, while the majority of the peptide, 95.6%  was still 

associated with the particles.  Peptide-conjugated PLGA-NPs that were 

not sonicated, but simply filtered in the same manner, only 0.06% of the 

Hp91 was measured in the filtrate and 99.9% of the Hp91 remained 

associated with the particles. 

We noted that the PLGA-NPs showed some level of aggregation 

when observed under the light microscope.  In order to improve on the 

synthesis scheme we investigated at what stage of the synthesis 

process the aggregation occurred.  The size distribution of the PLGA-

NPs was measured by dynamic light scattering (see Materials and 

Methods) after each of the three ultracentrifugation spins which were 

used to remove un-incorporated peptide from the NPs.  Only a slight 

increase in size was observed.  The average size of the PLGA-NPs was 

201, 235, and 243 nm after the first to third wash respectively (Table 2.1).  

Since the NPs were lyophilized for long-term storage, the NP size was 
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measured before lyophilization and after resuspension of the 

lyophilized NPs.  After resuspension of the lyophilized NPs their average 

size was 1365 nm (Figure 2.4), which indicates formation of small 

aggregates/quadruplets  

 

Figure 2.4.  The size distribution of PLGA-NPs was analyzed before and 
after lyophilization by dynamic light scattering.  The x-axis represents 
the size in nm.   

 

Table 2.1. PLGA nanoparticles size distribution during preparation. 

Number of washes  Size of PLGA-NPs (nm)* 

One 201 

Two 235 

Three 243 

*The size distribution of poly(D,L-lactic-co-glycolic) acid nanoparticles 
(PLGA-NPs) was measured by Zetasizer Nano ZS (Malvern Instruments) 
after each of the three washes of ultracentrifugation. 



51 

	  

 

Next, we tested whether sonication for prolonged periods for 

time would dissolve the aggregates.  NPs were measured after 

different sonication times (1 to 30 min).  After 30 min of sonication their 

size was reduced from 1365+/- 906 to 648+/- 254 nm (Table 2.2).  This 

decrease in size after sonication indicates that although the big 

aggregates were disrupted, some small aggregates, most likely duplets, 

were still present.  Since the aggregation occurred in the lyophilization 

step, for all subsequent experiments, the NPs were not lyophilized, but 

instead stored in a mixture of water/10% sucrose at -20oC to avoid 

aggregation.   

Table 2.2. PLGA nanoparticles size distribution after sonication. 

a PLGA-NP sonication time (min)  b Size of PLGA-NP (nm) 

1 min 1365 +/- 906 

15 min 791 +/- 111 

30 min 648 +/- 255 

a PLGA nanoparticles were lyophilized after the final wash and 
resuspended in PBS. The suspension was then sonicated for 1, 15, or 30 
min at 40 kHz in an iced sonicator waterbath (Brandon; Model 2510).   

b The NP size distribution (+/- SD) was measured by dynamic light 
scattering using three different batches of NPs after the different 
sonication times: 1, 15, and 30 min. 
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We hypothesized that non-aggregated PLGA nanoparticles are 

more potent than aggregated particles due to the increased surface 

area.  To test this hypothesis lyophilized NPs that were conjugated with 

Hp91 on the surface were resuspended in PBS and compared to NPs 

that had never been lyophilized, but were instead frozen in 

PBS/10%sucrose solution immediately after synthesis.  Immature human 

DCs were generated as we have previously described (84) and 

exposed to empty PLGA-NPs, previously lyophilized PLGA-NPs 

containing Hp91, and non-lyophilized PLGA-NPs containing Hp91 

(Figure 2.5).  As expected the particles that were stored in solution 

(non-lyophilized) and had very few aggregates if any, caused 

increased activation of DCs even at the lower amount tested.    

We next measured the stability of the Hp91 conjugated to the 

surface of PLGA-NPs (Figure 2.6).  After approximately 3 h, 50% of the 

conjugated peptide is released from the PLGA-NPs at pH 7.4 and pH5.  

Although the lower pH results in a slower release of the conjugated 

peptide than at neutral pH, the difference is not as significant as that for 

the encapsulated peptide at different pH (Figure 2.6 B).  After 3 hours, the 

release rate begins to flatten out for both pH conditions.  After 36 h, 

PLGA-NPs at pH 7.4 have released approximately 72% of the conjugated 

peptide, while at pH 5 approximately 50% of the peptide is released. 
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Figure 2.5.  Human immature DCs were exposed to media, empty NPs 

(300 mg/ml), lyophilized PLGA-NPs containing Hp91 (300 mg/ml), and 

non-lyophilized PLGA-NPs containing Hp91 (240 mg/ml) for 48h.  Cell 

culture supernatants were collected and analyzed for IL-6 by ELISA.  

Depicted is a representative result showing fold-increase in IL-6 

secretion as compared to the empty NP control, which was set as 1.  

 



54 

	  

 

Figure 2.6.  A) Hp91 conjugated to the surface of PLGA-NPs.  B) PLGA-

NPs with Hp91 encapsulated inside the NPs.  The graphs show release 

profiles of Hp91 peptide from PLGA -NPs at pH 7.4 and pH 5 over 36 h.  

The peptide input at time 0 is set as 100%.  Samples were taken at the 

indicated time points and the amount of peptide in PLGA-NPs was 

quantified by HPLC.  Data shown are mean +/-SEM of triplicate 

measurements. 
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 A similar trend was observed with Hp91 loaded PLGA-NPs with 

stronger peptide release at higher pH (Figure 2.6 B).  After approximately 

3h 50% of the peptide is released from within the PLGA-NPs at pH7.4 and 

after 36 h, 95% of the peptide is released from the PLGA particles in pH 7.4, 

while only 45% is released from the PLGA-NPs at pH 5.  Both conditions 

produce an initial burst release with a large proportion of the released 

peptide being released within the first 3 hours.  After 3h, both curves 

flatten out and the release rate is reduced; however, the PLGA-NPs at pH 

7.4 continue to release at a higher rate than at pH 5 throughout the time 

course (Figure 2.6 B).   

 

2.3.2 Hp91 conjugated to the surface of PLGA-NPs induces cytokine 
secretion in human DCs 

DC activation is characterized by the secretion of inflammatory 

cytokines such as IL-6.(93)  It was previously shown that an 18-amino 

acid long peptide Hp91, whose sequence corresponds to a part of 

HMGB1-Bx induced IL-6 secretion in human monocyte-derived DCs.(85)  

To test whether Hp91 when conjugated to the surface of PLGA-NPs 

maintains its DC stimulatory capacity, immature human monocyte-

derived DCs were exposed to empty PLGA-NPs (NP), PLGA-NPs with 

Hp91 conjugated to the surface (NP-Hp91), free Hp91 peptide, or a 

cocktail of inflammatory cytokines (CyC) known to activate DCs.  Two 
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days later the cell culture supernatants were collected and analyzed 

for the presence of IL-6 by ELISA.  A highly significant increase in IL-6 

secretion was observed when NP-Hp91 with a final Hp91 concentration 

of 11.2 mg/ml was added to DCs as compared to the same amount of 

empty PLGA-NPs (p<0.0001) and as compared to 200mg/ml of free 

Hp91 peptide (p<0.0001) (Figure 2.7).  At 11.2 mg/ml Hp91 when 

conjugated to the surface of PLGA-NPs induced 3,923 (+/- 410) pg/ml 

IL-6, whereas 200 mg/ml free Hp91 induced only 1,485 (+/- 376) pg/ml 

IL-6.  This is a 47-fold increased in IL-6 secretion when normalized for the 

same amount of Hp91.  In addition Hp91 conjugated to the PLGA-NP 

surface induced higher IL-6 secretion as compared to a cocktail of 

inflammatory cytokines CyC known to mature DCs.(94)  When lower 

amounts of Hp91 (1.12 mg/ml) conjugated to the PLGA-NP surface 

were used, although an increase in IL-6 was observed, the differences 

as compared to the controls were not significant (Figure 2.7). 

 

2.3.3 Hp91 conjugated to the surface of PLGA-NPs causes cytokine 
secretion in mouse BM-DCs 

To determine whether PLGA-NPs carrying Hp91 on the surface also 

elicit cytokine secretion in mouse DCs, immature mouse bone marrow 
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Figure 2.7.  Hp91 conjugated to the outside of PLGA-NPs causes 

stronger activation of human DCs as compared to free peptide.  105 

immature human DCs were exposed to media, PLGA-NPs carrying 

Hp91 on the surface (Np-Hp91) with 2 concentrations of Hp91: 11.2 and 

1.12 mg/ml, empty NPs matching the amount of PLGA-NPs used with 

peptides (as NP control),  200 mg/ml of free Hp91 peptide, or a 

cytokine cocktail CyC (see methods for composition).  Cell culture 

supernatants were collected after 48h and analyzed for IL-6 by ELISA.  

Data shown is mean +/-SD of three independent experiments using 

DCs from different donors.  * indicates a statistically significant increase.   
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derived DCs (BM-DCs), were generated as previously described (85), 

and exposed to media only, indicated doses of empty PLGA-NPs  (NP) 

(as particle control; matching the amount of PLGA-NP in peptide 

carrying PLGA-NP), 3 dilutions of PLGA-NPs that have been conjugated 

with Hp91 on the surface (NP-Hp91), free Hp91 peptide (200 µg/ml), or 

LPS (10 ng/ml) as positive control.  Two days later the cell culture 

supernatants were collected and analyzed for the presence of IL-6 by 

ELISA.  As observed with human DC, we found that the peptide Hp91 

when conjugated to the surface of the PLGA-NPs induced high levels 

of IL-6 secretion.  NP-Hp91 with a final peptide concentration of 34 

µg/ml Hp91 induced an average of 5050 +/- 277 pg/ml IL-6, which was 

significantly higher than empty NPs at the same dose (p=0.008) and 

than 200 µg/ml free Hp91, which induced an average of 1446 +/- 559 

pg/ml IL-6 (p=0.01) (Figure 2.8 A).  When normalized to the amount of 

Hp91, Hp91 is ~20-fold more potent when delivered on the surface of 

PLGA-NPs as compared to free Hp91.  NP-Hp91 with a final peptide 

concentration of 3.4 µg/ml Hp91 elicited significant IL-6 expression as 

compared to empty NPs at the same dose (p=0.03), but it was not 

significantly different from 200 µg/ml of free Hp91 (Figure 2.8 A).   

 



59 

	  

 

 

 

 

Figure 2.8.  Hp91 conjugated to the outside of PLGA-NPs causes 

stronger activation of mouse DCs as compared to free peptide.  105 

immature mouse BM-DCs were exposed to media only, PLGA-NPs 

carrying Hp91 on the surface (Np-Hp91) with 3 concentrations of Hp91: 

34, 3.4, and 0.34 µg/ml, empty NPs matching the amount of PLGA-NPs 

used with peptides (as NP control), 200 µg/ml of free Hp91 peptide, or 

LPS (10 ng/ml).  A)  Cell culture supernatants were collected after 48h 

and analyzed for the presence of IL-6 by ELISA.  Data shown is mean 

+/-SD of two independent experiments using DCs from different donors.  

B, C) Cells were collected 48h after exposure to the different NP 

conditions and analyzed for the expression of CD40 and CD80 by 

surface membrane immunofluorescence techniques using fluorophor 

conjugated mAbs.    DCs were gated on CD11c+ cells and analyzed 

for expression of the indicated markers.  B) depicts percent positive 

cells and C0 depicts mean fluorescence intensity (MFI).  Data shown is 

mean +/-SD of three independent experiments using DCs from different 

donors.  * indicates a statistically significant increase.   
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2.3.4 Hp91 conjugated to the surface of PLGA-NPs induces phenotypic 
maturation of mouse BM-DCs 

To determine whether Hp91 when conjugated to the surface of 

PLGA-NPs can induce phenotypic maturation of mouse BM-DCs, 

immature BM-DCs were exposed to empty PLGA-NPs (NP), PLGA-NPs 

with Hp91 conjugated to the surface (NP-Hp91), free Hp91 peptide, or 

bacterial lipopolysaccharide (LPS), which served as positive control.  

After 48h cells were harvested and analyzed for surface expression of 

CD40, CD80, and MHC class II by flow cytometry (Figure.  2.8 B,C).  

Empty PLGA-NPs  did not cause any changes in CD40 and CD80 

expression, but they increased MHC II expression in immature DCs by 2-

fold as compared to media control.  However, no additional changes 

in MHC II expression were observed with peptide loaded NPs (data not 

shown).  Interestingly, although free HP91 peptide did not increase 

expression of CD40 or CD80, Hp91 conjugated to the surface of PLGA-

NPs caused a significant increase in CD40 and CD80 expression levels 

comparable to those induced by LPS (Figure.  2.8 B,C).  During the 

process of DC maturation some surface molecules are weakly 

expressed on immature DCs and are upregulated upon activation.  

This manifest itself as an increase in mean fluorescence intensity (MFI) 

when measuring expression levels by flow cytometry.  Other surface 

molecules are not or barely expressed on immature DCs and the 
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percentage of cells positive for those molecules can increase upon 

activation. 

On immature DCs (=media control) only a small percentage of 

DCs in the population expressed CD40 (Figure 2.8 B) and on those the 

expression was very low (Figure 2.8 C).  After exposure to NP-Hp91 with 

a final Hp91 concentration of 34 mg/ml, the number of CD40 positive 

DCs significantly increased in comparison to media control (p=0.0009) 

and to empty NPs at the same concentration (p=0.004) (Figure 2.8 B).  

Furthermore, NP-Hp91 with 34 µg/ml of Hp91 elicited a highly significant 

increase in the percentage of CD40 positive cells as compared to 200 

µg/ml of free Hp91 (p=0.0008).  The same was true for the lower 

concentration of NP-Hp91 with 3.4 mg/ml of Hp91.  Even the low dose 

of peptide (3.4 µg/ml), NP-Hp91 elicited a significant increase in the 

percentage of CD40 positive DCs as compared to media control 

(p=0.04), the same dose of empty NPs (p=0.001), and 200 µg/ml of free 

Hp91 (p<0.0001) (Figure 2.8 B). 

In addition to the increase in the number of CD40-positive DCs, 

NP-Hp91 with 34 µg/ml of Hp91 elicited a significant increase in CD40 

cell surface expression levels as compared to media (p=0.01), empty 

NPs at the same concentration (p=0.02), and as compared to 200 
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mg/ml of free Hp91 (p=0.005) (Figure 2.8 C).  Although lower amounts 

NP-Hp91 with a final concentration of 3.4 µg/ml of Hp91 significantly 

increasing the number of CD40 positive DCs (Figure 2.8 B), no 

significant increase in CD40 expression were observe additionally 

(Figure 2.8 C). 

In the case of CD80, the majority of the immature DCs (~80%) 

within the population were already positive for CD80, although the 

expression levels were very low (Figure 2.8 C), there was no further 

increase in the number of positive cells (data not shown).  However, 

NP-Hp91 with 34 µg/ml of Hp91 elicited a highly significant increase in 

CD80 cell surface expression levels as compared to media (p=0.0002), 

empty PLGA-NPs at the same concentration (p=0.002), and as 

compared to 200 µg/ml of free Hp91 (p<0.0001) (Figure 2.8 C).  Lower 

amounts NP-Hp91 with a final concentration of 3.4 µg/ml of Hp91 did 

not significantly increase the CD80 expression levels as compared to 

empty PLGA-NPs at the same concentration, but did cause a 

significant increase as compared to 200 µg/ml of free Hp91 (p=0.04) 

(Figure 2.8 C).  Hence Hp91 when delivered on the surface of PLGA-

NPs not only maintains its ability to activate DCs, but the peptide is 

much more potent as a result and gained additional functions like 
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induction of surface molecule expression on DCs, which is very 

favorable for vaccine adjuvants.   

  

2.3.5 Delivery of Hp91 inside of PLGA-NPs leads to increased activation 
of human DCs 

We next tested whether Hp91 when packaged inside PLGA-NPs 

would maintain its ability to activate human DCs.  Immature human 

DCs were exposed to media only, empty-NPs, PLGA-NPs that 

contained Hp91 inside the nanoparticles NP-(Hp91), and the same 

amount of free Hp91 peptide as present in the PLGA-NPs.  Two days 

later the cell culture supernatants were collected and analyzed for the 

presence of IL-6 by ELISA (Figure 2.9 A).  Hp91 loaded inside of PLGA-

NPs at 9 µg/ml (p=0.01) and 18 µg/ml (p=0.03) significantly increased 

secretion of IL-6 by DC as compared to media control.  In contrast, free 

Hp91 peptide at 9 or 18 µg/ml did not induce significant increase in IL-6 

as compared to media control, indicating that PLGA-NP delivered 

Hp91 is more potent.  Empty NPs did not induce significant changes in 

IL-6 expression.  At 9 µg/ml Hp91 loaded inside of PLGA-NPs a 

significant increase (5-fold; (p=0.02) in IL-6 secretion was observed as 

compared to free Hp91 peptide (Figure 2.9 A).  Since Hp91 was 

dissolved in DMSO for the synthesis of the PLGA-NPs and empty PLGA-
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NPs carry BSA, we also tested the effect of BSA/DMSO added at the 

same dose as present in the added PLGA-NPs to DCs.  No increase in 

IL-6 was observed under these control conditions (Figure 2.9 B).  To 

further test whether the observed effects are due to Hp91 or simply 

caused by the presence of any peptide packaged inside of PLGA-NPs, 

we incorporated Hp121 as control peptide into PLGA-NPs.  Hp121 is 

derived from the same molecule as Hp91, HMGB1, and we have 

previously shown has no activity on DCs as free peptide.(84, 85)  Here 

we show that the control peptide Hp121, neither as free peptide, nor 

packages inside of PLGA-NPs induces secretion of IL-6 by human DCs 

(Figure 2.9 B).   

We also evaluated whether PLGA-NPs exert toxic effects on DCs 

by comparing empty and Hp91 loaded PLGA-NPs.  We did not observe 

any toxicity with either empty or peptide loaded PLGA-NPs in 

comparison to media control at doses used in these experiments even 

after 4 days of culture (data not shown). 
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Figure 2.9.  Packaging of the immunostimulatory peptide Hp91 inside 

of PLGA-NPs increases their potency to activate human DCs.  A) 

Immature human DCs were exposed to media, empty PLGA-NPs, 

PLGA-NPs containing Hp91 encapsulated (Np-Hp91) at 2 doses of 

Hp91L 9 and 18 mg/ml, or the same amount of free Hp91 peptide 

was added to the cells.  Cell culture supernatants were collected 

after 48h and analyzed for IL-6 by ELISA.  Data shown is mean +/-SD 

of three independent experiments using DCs from different donors.  * 

indicates a statistically significant increase.  B) Immature mouse BM-

DCs were exposed to media only, BSA/DMSO control matching the 

amount present in the NP preparations, PLGA-NPs that have been 

filled with Hp91 (NP-Hp91) added at a final concentration of 9 mg/ml 

of Hp91, PLGA-NPs that have been filled with Hp121 (NP-Hp121) 

added at a final concentration of 4mg/ml of Hp121, free Hp91 

peptide (200 mg/ml), free Hp121 peptide (200 mg/ml), or LPS 

(10ng/ml).  48h later the cell culture supernatants were collected 

and analyzed for the presence of IL-6 by ELISA.  Data shown is mean 

+/-SD of three independent experiments using DCs from different 

donors.  * indicates a statistically significant increase.   



67 

	  

 

 

 

 

 

 

 

  



68 

	  

2.3.6 Hp91 packaged inside of PLGA-NPs activate mouse BM-DCs 

Since increased biological activity using Hp91 loaded PLGA-NPs 

as compared to free peptide was observed in human DCs, we next 

evaluated whether the same was true for mouse BM-DCs .  Immature 

mouse BM-DCs were exposed to media only, empty PLGA-NPs (NP), 

PLGA-NPs that have been filled with Hp91 (NP-(Hp91)) with the final 

peptide concentration being (13 µg/ml), or 200 mg/ml free Hp91 

peptide.  Two days later the cell culture supernatants were collected 

and analyzed for the presence of IL-6 by ELISA (Figure 2.10).  As 

observed with human DCs, when Hp91 was packaged inside the 

PLGA-NPs the peptide maintained its ability to induce IL-6 secretion.  

Hp91 was delivered inside of the PLGA-NPs cause a significant 

increased in IL-6 expression as compared to media control (p=0.03) 

and as compared to empty NPs (p=0.04).  At only 13 µg/ml when 

packaged inside the PLGA-NPs Hp91 induced in average 707 pg/ml IL-

6 whereas free Hp91 at 200 µg/ml induced similar levels of 545 pg/ml of 

IL-6.  Thus a 15-fold lower amount of Hp91 was sufficient to elicit a 

similar level of IL-6. 
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Figure 2.10.  Packaging of the immunostimulatory peptide Hp91 inside 

of PLGA-NPs increases their potency to activate mouse DCs.  Immature 

mouse BM-DCs were exposed to media only, empty-NPs, PLGA-NPs 

that have been filled with 13 µg/ml of Hp91 (Np-Hp91), or, free Hp91 

peptide (200 µg/ml).  48h later the cell culture supernatants were 

collected and analyzed for the presence of IL-6 by ELISA.  Data shown 

is mean +/-SD of three independent experiments using DCs from 

different donors.   
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2.4 Conclusion 

Nano- and microparticles are being evaluated as vaccine 

carriers.  They are very attractive platforms for vaccine delivery since 

antigen and adjuvant can be co-delivered to antigen presenting cells 

such as DCs.  It has been shown that the generation of CD4 T cell 

epitopes requires antigen and TLR agonist (adjuvant) to co-translocate 

to the endosomes (95) and co-delivery of CpG-ODN together with 

antigen in PLGA microparticles lead to effective cross-presentation 

and antigen-specific CD8 T cell responses in vivo.(96)  Another 

advantage of using micro- or nanoparticles (NPs) is that the cargo can 

be protected from degradation by serum or tissue proteases and the 

co-delivery of antigen and adjuvant ensures that a DC will always 

encounter both.  This is very critical as the uptake of antigen in the 

absence of adjuvant can lead to generation of tolerance (17), which 

has to be avoided/minimized to achieve activation of effective 

immune responses.  This is particularly important when trying to break 

tolerance in the context of a self-antigen for cancer immunotherapy.   

Although some materials carry intrinsic adjuvant properties like 

pluronic-stabilized polypropylene sulfide which activates the immune 



71 

	  

system via the complement cascade (97) or poly(g-glutamic acid) (81, 

98), addition of adjuvants into NPs should further increase immune 

responses.  In some situations inert materials might be preferable as 

one can control the type of immune response by selecting 

appropriate adjuvants for incorporation or attachement.  Adjuvants 

like monophosphoryl lipid A (83), as well TLR agonists: CpG ODN (25, 96, 

99), and pI:C (100, 101) have been packaged inside micro- and 

nanoparticles.  Although microparticles show efficacy, depending on 

the route of application nanoparticles could be of further advantage.  

Different size NPs are preferably taken up by different cell types.  For 

example 40-50 nm NPs are predominantly taken up by DCs, 20 nm NPs 

by B cells, and 1 mm NPs by monocytes/ macrophages.(102)  

Furthermore, it has been shown that 40 nm, but not 750 nm or larger 

NPs enter epidermal CD1a+ cells after transcutaneous application on 

human skin.(103)    

We have previously shown that the 18 aa long ISP Hp91 is a 

potent stimulus for mouse and human DCs.(85)  In an effort to further 

develop Hp91 as vaccine adjuvant we tested whether it could be 

incorporated into or conjugated to the surface of PLGA NPs.  PLGA 

was chosen as material for our NPs, since it is a biodegradable and 
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biocompatible polymer (18, 52, 53, 86) that has been employed for 

numerous in vivo applications.(87-89)   

 We synthesized PLGA-NPs that were loaded with Hp91 peptide or 

that carried it on the surface via conjugation.  We measured the amount 

of peptide loosely attached to the surface in the process of synthesized 

PLGA-NPs with peptide conjugated to the surface and found that PLGA-

NPs approximately 4.4% of the Hp91 peptide dissociated from the PLGA 

particles after sonication, suggesting that it was not conjugated but 

loosely attached.  Although sonication increased the amount of peptide 

released from the particles, the overall amount was still very low, 

indicating that the Hp91 is in fact covalently attached to the PLGA 

particles and not just loosely adsorbed to the surface.  In addition to 

releasing any peptide loosely associated with the PLGA particles, 

sonication of the particles is likely to break up some particles, thus 

releasing a small amount of peptide.  Therefore, we cannot firmly 

conclude that the 4.4% are truly loosely attached.  However, the 

percentage released is small compared to the amount retained. 

We found that Hp91, when packaged inside or outside of PLGA-

NPs activates both mouse and human DCs.  In both cases the DC 

stimulatory capacity was higher when the peptide was delivered via 

NPs as compared to free peptide.  One possible explanation is that the 



73 

	  

delivery is more efficient, since the NPs are readily taken up by DCs 

and each NP will deliver many peptides, whereas free peptide will 

diffuse around the cells and the uptake is much less effective.  In 

addition packaging of Hp91 inside of PLGA-NPs or conjugation to the 

surface most likely protects the peptide from degradation.  The 

increase in Hp91 potency when delivered via NPs could be due to 

enhanced delivery into intracellular compartments that contain the 

receptor or other interacting molecules.  The NPs with the 

Hp91conjugated to the surface were the most potent formulation for 

activating DCs.  This is likely because with the Hp91 on the surface, the 

peptides are more readily available to interact with receptors.  This 

confirms the theory that bioactive surfaces on nanoparticle drug 

delivery vehicles are an efficient method for interacting with immune 

cells. 

 The peptide release characteristics show that at pH 5 the peptide is 

released slower than at pH 7.4.  One possible reason for this is due to the 

protonation of carboxyl groups on the peptide at lower pH values, which 

would make the peptide less polar and therefore more likely to remain 

encapsulated in the hydrophobic polymer core.  The slow release at pH 5, 

which is present in endosomes could also contribute to the increase 

effect of the peptide, as a DC might carry a reservoir that is slowly 
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released and can exert the effect on DCs over a prolonged period of 

time within the cell.  The peptide conjugated to the surface of the PLGA 

spheres is released slower than the peptide only encapsulated by the 

PLGA.  This is expected as the peptide is covalently linked to the PLGA 

and must either be cleaved off the PLGA or the PLGA must be sufficiently 

degraded to be released from the particle.   

 Furthermore, Hp91 conjugated to the surface of NPs can 

potentially crosslink the receptor leading to stronger DC activation.  

The receptor for Hp91 on DCs remains to be identified.  However, the 

fact that Hp91 packaged inside of NPs not only activates the DCs but 

shows increased potency as compared to free peptide suggests that 

the receptor is not on the cell surface, but most likely in an intracellular 

compartment, possibly endosomes, like other adjuvant binding 

receptors including TLR 3, 7/8 and 9.(104)  In conclusion, we show that 

the ISP Hp91 when delivered via PLGA-NPs not only maintains its ability 

to activate DCs, but PLGA-NPs carrying Hp91 are stronger in activating 

DCs than is free peptide.  This warrants further exploration in vaccine 

settings.  It remains that the surface conjugated molecules are the 

most potent and active when interacting with DCs. 

The use of PLGA nanoparticles as vaccine delivery vehicles has 

broad implications for a large number of diseases.  Not only can 
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nanoparticle formulations improve the prophylactic properties of 

vaccines, they also show promise for the treatment of many diseases 

such as cancer.  However, there is still a great need for systemic 

delivery of therapeutic molecules.  For this application, nanoparticle 

drug delivery vehicles need different properties from vaccine delivery 

vehicles.  The next chapters will discuss drug delivery vehicles based on 

similar PLGA core particles, but with surface coatings that make them 

more suitable for systemic delivery. 

 

 

Chapter 2, in part, is a reprint of the material as it appears in 

Nanomedicine, 2010, Corbin Clawson, Chien-Tze Huang, Diahnn 

Futalan, Daniel Martin Seible, Rebecca Saenz, Marie Larsson, Wenxue 

Ma, Boris Minev, Fiona Zhang, Mihri Ozkan, Cengiz Ozkan, Sadik Esener, 

and Davorka Messmer.  The dissertation author was the primary 

investigator and co-author of this paper.  
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3. A Drug Delivery Vehicle with pH 
Triggered PEG Shedding 

   

 

 

3.1 Introduction 

 

As was previously discussed, nanoparticle drug delivery vehicles 

with peptides conjugated on the outside present a bioactive surface 

that is efficient at interacting with immune cells.  The surface of the 

drug delivery vehicle is important in interactions with cells other than 

immune cells.  Most drug delivery vehicles have the ultimate goal of 

delivering their cargo to the interior of a cell.  A nanoengineered 
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surface coating becomes invaluable if it can facilitate the delivery of 

the cargo into the desired intracellular compartment.(105)  

The ability to deliver drugs more effectively and efficiently to the 

site of interest translates into less harmful systemic side effects and 

more beneficial therapeutic action.(8) This ability is particularly useful in 

the fight against cancer, where harmful side effects limit the tolerable 

dose of chemotherapeutics.(106) Using polyethylene glycol (PEG) has 

become a popular strategy to create long-circulating drug delivery 

nanoparticles and other vehicles by reducing protein adsorption, 

macrophage uptake, and particle aggregation, thus increasing 

systemic circulation lifetime.(8, 71, 72) Although useful in increasing 

circulation half-life, the PEG layer may become a detriment upon 

reaching the target tissue, hindering the entry of the nanoparticle into 

the cell or preventing its escape from the endosome after being 

endocytosed.(30) 

A drug delivery vehicle with pH-sensitive PEG shedding would be 

especially useful in cancer drug delivery by exploiting the slightly acidic 

extracellular space of tumors (around pH ~ 6.5).(5, 107) Upon arrival at 

the tumor site, a correctly tuned pH-sensitive particle would be able to 

shed its PEG coating, thus enabling it to fuse with the cell membrane 

and be internalized.(108) Additionally, nanoparticles taken up via the 



78 

 

endosomal pathway can be tuned to lose the protective PEG coating 

upon acidification of the late endosome or early lysosome.(109)  Fusing 

with the endosomal membrane then becomes possible and escape 

from the endosome can be achieved.(110, 111) The importance of 

endosomal escape cannot be underestimated, especially for the 

delivery of degradable payloads like siRNA and other biologics that 

are typically degraded inside the highly acidic lysosome.(112) Previous 

research has shown PEG shedding to improve intracellular drug 

delivery using polymersomes(74) and polyplex micelles.(75) Other PEG 

shedding molecules that rely on the reduction of disulfide bonds have 

been used in liposomes and lipoplexes to some success.(113) More 

recently, Gao et al.  have demonstrated a technique to directly 

observe PEG shedding using a pair of dye and quencher, confirming 

the benefits of PEG shedding to intracellular delivery.(76) 

Herein we report a novel approach to enable pH-triggered PEG 

shedding from lipid-polymer hybrid nanoparticles by using a lipid-

(succinate)-mPEG conjugate that is highly sensitive to acidic hydrolysis 

via a di-ester succinate linker between the lipid and PEG moieties.  The 

relatively slow hydrolysis rate of the di-ester bonds allows the PEG 

shedding to be more finely tuned, offering controllable shedding over 

a wide range of pH values unavailable with other strategies.  The 



79 

 

shedability of the lipid-(succinate)-mPEG layer was tested using a 

previously developed drug delivery platform, lipid-polymer hybrid 

nanoparticles.  The hybrid nanoparticles have been demonstrated to 

be an effective drug delivery vehicle with controllable drug loading 

and release characteristics,(114) their superior in vitro and in vivo 

stability,(115, 116) and excellent scalability for large scale 

production.(69)  

 

3.2 Experimental Methods 

3.2.1 Materials 

Poly(lactic-co-glycolic acid) (PLGA, 50:50, 0.82 dL/g) was 

purchased from Lactel Absorbable Polymers (Pelham, AL).  All lipids 

including 1,2-dioleoyl-sn-glycero-3-phosphoethanolamine (DOPE) and 

1,2-dipalmitoyl-sn-glycero-3-phospho(ethylene glycol) (PtdEG), and 

1,2-distearoyl-sn-glycero-3-phosphoethanolamine-N-

[carboxy(polyethylene glycol)-2000] (DSPE-PEG carboxylic acid) were 

purchased from Avanti Polar Lipids (Alabaster, AL).  Oleic acid was 

purchased from Alfa Aesar (Ward Hill, MA).  Methoxy poly(ethylene 

glycol) (MW = 2000 Da, mPEG-2000) was purchased from Sigma-Aldrich 

(St.  Louis, MO) and modified in our lab to have a carboxyl end group, 

making mPEG-COOH.  N,N’-diisopropyl carbodiimide (DIPC), p-
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toluenesulfonic acid monohydrate, tetrahydrofuran (THF), and N,N-

dimethylaminopyridine (DMAP) were purchased from Sigma-Aldrich (St.  

Louis, MO).   

 

3.2.2 Synthesis of lipid-(succinate)-mPEG conjugate 

The pH sensitive lipid-(succinate)-mPEG was synthesized by 

conjugating mPEG-COOH (Mw = 2000 Da) to a PtdEG phospholipid 

molecule using a dual-ester bond linkage.  The synthesis reaction was 

carried out as follows.  First, 4-(N,N-dimethylamino) pyridinium-4-

toluenesulfonate (DPTS) was prepared by mixing equal parts of 

saturated tetrahydrofuran (THF) solutions of N,N-dimethylaminopyridine 

(DMAP) and p-toluenesulfonic acid monohydrate at room 

temperature.  The precipitate was filtered, washed three times with THF 

and dried under vacuum.  Next, 5 mg of PtdEG was dissolved in 

chloroform at 10 mg/mL.  mPEG-COOH was also dissolved in 

chloroform at 10 mg/mL and mixed with the PtdEG at a molar ratio of 2 

mPEG-COOH:1 PtdEG.  Then DPTS at a molar ratio of 6 DPTS:1 PtdEG 

was added to the chloroform mixture and vortexed vigorously for 5 

minutes.  An equalvalent amount of DIPC as that of DPTS was then 

slowly added into the solution while stirring.  The reaction was allowed 

to proceed overnight at room temperature while stirring.  After the 
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reaction was complete, the volume of chloroform was reduced using 

a dry argon stream and the lipid-(succinate)-mPEG product was 

precipitated with cold ether.  The precipitate was then resuspended in 

chloroform and washed three times with saturated brine.  The 

chloroform layer was collected and used as a stock solution for 

subsequent studies.  NMR spectroscopy was carried out to 

characterize the produced lipid-(succinate)-mPEG conjugate.  1H NMR 

(CDCl3): δ = 0.87 (-CH3, a), 1.25-1.13 (-CH2, Lipid, b), 1.65 (-CH2, Lipid, c), 

2.3 (-CH2-COOR, d), 2.65 (-CH2-CH2-, succinate, f), 3.1 (-COH, i), 3.3 (-

OCH3, h), 3.64 (-CH2-CH2-, PEG, g), 4.13 (-CH2-COH-CH2-, e) ppm.   

 

3.2.3 Synthesis of lipid-polymer hybrid nanoparticles 

To prepare lipid-polymer hybrid nanoparticles, DOPE/oleic acid 

(molar ratio = 4:1, 91.4 µg of DOPE and 8.7 µg of oleic acid to make 1 

mg of PLGA particles), or DOPE/oleic acid/lipid-(succinate)-mPEG 

were dissolved in THF and added to water at desirable molar ratios.  

The amount of lipid-(succinate)-mPEG was varied and DOPE was 

reduced by a corresponding molar amount.  The lipid solution in 

H2O/THF was heated to 68°C while stirring.  The PLGA polymer was 

dissolved in THF at 1 mg/mL and 1mL was added dropwise to the 

heated lipid solution while stirring.  The mixture solution was then 
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vortexed for 3 minutes at high speed and then 1 mL of additional water 

was added dropwise to the solution.  The solution was allowed to stir for 

2 hours in a chemical hood to allow the organic solvent to evaporate 

and the nanoparticles to solidify.  The nanoparticles were then washed 

three times using an Amicon Ultra centrifugal filter (Millipore, Billerica, 

MA) with a molecular weight cutoff of 10 kDa.  The nanoparticles were 

then collected and suspended to 1 mL of water.  The nanoparticle size 

and surface zeta potential were obtained from three repeat 

measurements using a dynamic light scattering (Malvern Zetasizer, ZEN 

3600) with backscattering angle of 173°.   

 

3.2.4 pH sensitivity of nanoparticles 

In order to test the pH sensitivity of the nanoparticles, particles 

with lipid-(succinate)-mPEG replacing 15% of DOPE were suspended in 

either a pH = 7.4 buffer (PBS) or a pH = 5 buffer (potassium hydrogen 

phthalate/NaOH).  As a control, nanoparticles with DSPE-PEG 

replacing 15% of DOPE were suspended in the same pH = 7.4 and 5 

buffers.  The DSPE-PEG was chosen as a negative control because the 

PEG is linked to the lipid via an amide bond, which is more stable than 

the synthesized ester bond of the lipid-(succinate)-mPEG.  The size of 

the nanoparticles was measured by dynamic light scattering after 1, 3, 



83 

 

6, and 24 hours of incubation to determine the stability of the particles.  

In addition, nanoparticles with different amounts of lipid-(succinate)-

mPEG replacing the DOPE were tested in different pH buffers ranging 

from pH = 7.4 to pH = 3.  The size of the particles in the different buffers 

was measured after 20 hours of incubation using dynamic light 

scattering.  The morphology and size of the particles were further 

characterized using scanning electron microscopy (SEM).  Samples for 

SEM were prepared by dropping 5 µL of a dilute nanoparticle solution 

onto a polished silicon wafer.  After drying the droplet at room 

temperature overnight, the sample was coated with chromium and 

then imaged by SEM.  In order to adjust the pH value of the dilute 

nanoparticle solution without adding excess salts, 1 mM HCl was 

titrated in until the solution reached pH = 5. 

 

3.3 Results and Discussion 

 

3.3.1 Nanoparticle and surface coating design 

Figure 3.1 shows a schematic representation of the lipid-polymer 

hybrid nanoparticle system as designed.  The nanoparticle core is 

made of a hydrophobic polymer and is used to encapsulate poorly 



84 

 

water soluble and difficult to deliver therapeutic agents.  In this study, 

poly(lactic-co-glycolic acid) (PLGA) was used to form the particle core 

for its biocompatibility and biodegradability.  A lipid monolayer 

consisting of 1,2-dioleoyl-sn-glycero-3-phosphoethanolamine (DOPE) 

and oleic acid is self-assembled onto the surface of the polymeric core 

to solubilize it in aqueous environments and also to serve as a diffusion 

barrier against encapsulated drugs leaching out.(117)  In addition, the 

DOPE/oleic acid formulation was chosen for its fusogenic 

properties(118-120), which are revealed upon the shedding of the PEG 

layer.  The lipid-(succinate)-mPEG molecules form a “stealth” corona 

on the surface of the hybrid nanoparticle with the phospholipid portion 

of the lipid-(succinate)-mPEG inserting into the DOPE/oleic acid 

monolayer.  It is expected that the resulting nanoparticle is sterically 

stabilized prior to PEG shedding, while it becomes fusogenic and 

unstable when the PEG layer comes off at acidic pH values.   

Figure 3.2 A shows the scheme for synthesizing the lipid-

(succinate)-mPEG molecule by conjugating mPEG-COOH (Mw = 2000 

Da) to a 1,2-dipalmitoyl-sn-glycero-3-phospho(ethylene glycol) (PtdEG) 

phospholipid molecule via a dual-ester bond linkage.  Sequential ester 

bonds in the resulting lipid-(succinate)-mPEG conjugate increase the  
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Figure 3.1.  Schematic of a lipid-polymer hybrid nanoparticle with pH-

triggered PEG shedding.  The hybrid nanoparticle consists of a drug-

loaded PLGA polymeric core, a fusogenic DOPE/oleic acid monolayer 

shell, and a sterically stabilizing PEG corona.  The PEG layer comes off 

in response to environmental acidity, making the particle fusogenic 

toward lipid membranes. 

 

 

sensitivity of the conjugate to hydrolosis by offering two hydrolysable 

ester bonds capable of releasing the PEG from the phospholipid.  

When one of the ester bonds is activated through protonation, it 

becomes more electrophilic, which will then catalyze the hydrolysis of 

the neighboring ester bond.  Upon the hydrolysis of either ester bond, 

the PEG molecule is shed.  The production of lipid-(succinate)-mPEG 

conjugate was first confirmed by 1H NMR spectroscopy with all the 

characteristic peaks of PtdEG, mPEG and the di-ester bonds, 

respectively, as indicated in Figure 3.2 B. 
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Figure 3.2.  Synthesis and characterization of lipid-(succinate)-mPEG 

conjugate.  (A) Schematic description of the synthesis of lipid-

(succinate)-mPEG conjugate that is sensitive to acidic pH.  (B) 1H NMR 

spectrum of the synthesized lipid-(succinate)-mPEG conjugate.   

 

1,2-dipalmitoyl-sn-glycero-3-phospho(ethylene glycol) Methoxy poly(ethylene glycol)

Room temperature in chloroform, 24 hr
Catalysts: DIPC and DPTS

lipid-(succinate)-mPEG

(A)
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The resulting lipid-(succinate)-mPEG was then used to replace a 

molar percentage of DOPE in the DOPE/oleic aicd monolayer to 

prepare lipid-polymer hybrid nanoparticles following a previously 

described method that takes advantage of nanoprecipitation and 

lipid self-assembly in order to create a simple and scalable 

manufacturing process.(69, 121, 122)   

 

3.3.2 Nanoparticle characterization  

Figure 3.3 shows the DLS intensity curve for lipid-polymer hybrid 

nanoparticles with 50% lipid-(succinate)-mPEG incorporated into the 

surface.  The average size for the 50% formulation is 64nm with a PDI of 

0.1.  Figure 3.4 summarizes the measured hydrodynamic size the hybrid 

nanoparticles with various amounts of lipid-(succinate)-mPEG 

incorporated into the lipid shell.   

By simply varying the amount of lipid-(succinate)-mPEG, we are 

able to synthesize particles within the desired size range of 50~150 nm.  

Particle size predictably decreases with increasing amounts of the 

stabilizing lipid-(succinate)-mPEG, reaching a minimum size of 64 nm 

when 50 mol% lipid-(succinate)-mPEG is used.  When only 15 mol% 

lipid-(succinate)-mPEG is used the size is 123 nm.  Note that extensive 

studies have been reported that particles with a hydrodynamic size 
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around 100 nm or less are desirable for systemic drug delivery because 

of their favorable in vivo pharmacokinetics and tumor accumulation.  

(20, 77, 123) 

 

Figure 3.3.  Dynamic light scattering intensity of lipid-polymer hybrids 

with 50% lipid-(succinate)-mPEG incorporated onto the surface.  

Average size is 64nm with a PDI of 0.2. 

 

 

 

 

 

 

 

 

 

 

 

Figure 3.4.  Hydrodynamic size (diameter, nm) of the lipid-polymer 

hybrid nanoparticles synthesized with various amounts of lipid-

(succinate)-mPEG replacing a molar percentage of DOPE lipid in the 

lipid monolayer shell.  All samples are at pH = 7.4. 
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3.3.3 Bioresponsive PLGA surface coating imparts pH sensitivity 

The pH-sensitive stability of the synthesized hybrid nanoparticles 

was first examined by scanning electron microscopy (SEM) to image 

the size and morphology of the particles at different pH values.  As 

shown in figure 3.5 A, the particles with 15 mol% lipid-(succinate)-mPEG 

at pH = 7.4 show individually dispersed particles that are spherical in 

shape with little to no aggregation.  The morphology of the particles 

appears smooth.  In contrast, when the particles were titrated with HCl 

to pH = 5, they appear clumped and aggregated indicative of a 

destabilized lipid shell.  As shown in figure 3.5 B, the majority of the 

particles have aggregated into clumps at least several hundred 

nanometers in size with only a few individually dispersed particles visible.  

Individual spherical particles can be seen to make up the aggregates; 

however, the overall shape and morphology is flat and lumpy.   

Once the linking ester bond is hydrolyzed and the stabilizing PEG 

coating attached to the lipid shell is released, the particles are free to 

contact other particles and the lipid layers can fuse, causing 

aggregation.  The resulting structure consists of multiple PLGA particles 

clumped and surrounded by a most likely multi-lamellar lipid layer.  This 

result suggests the fusogenic properties of the hybrid nanoparticles 

after the PEG layer is shed.   
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Figure 3.5.  Scanning electron microscopy (SEM) images of lipid-

polymer hybrid nanoparticles, in which lipid-(succinate)-mPEG makes 

up 15 mol% of the lipid monolayer shell.  (A) At pH = 7.4, isolated 

particles show spherical morphology and little aggregation.  (B) At pH 

= 5, particles have aggregated and show irregular morphology. 

 

Next, we examined the time-dependent particle aggregation of 

the 15 mol% lipid-(succinate)-mPEG nanoparticles at pH=7.4 and 5 

over 24 hours.  As shown in Figure 3.6, the hydrolysis of the ester bonds is 

shown to proceed over the course of several hours.  The particles with 

15 mol% lipid-(succinate)-mPEG show only a slight size increase from 

107 nm to 135 nm at pH = 7.4 over the 24 hour period.  This confirms the 

slow rate of hydrolysis expected at neutral pH.  At pH = 5, the 15% lipid-

(succinate)-mPEG particles show a dramatic and rapid increase in size 

due to aggregation.  After 1 hour the size had already increased to 905 

nm and the size continues to increase over 6 hours.  For the control 
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samples, instead of using lipid-(succinate)-mPEG, 15 mol% DSPE-PEG 

was used to replace the corresponding amount of DOPE in the 

DOPE/oleic acid lipid shell.  It was found that the size of these control 

particles remained constant at 65 nm for both pH =7.4 and 5 

conditions for the duration of the 24-hour test.  The lack of size increase 

in the control particles which have PEG linked to the lipid shell via an 

amide bond rather than the more easily hydrolysable ester bond 

indicates that the mechanism triggering the aggregation is the 

depletion of the PEG layer due to ester hydrolysis.   

 

3.3.4 Tuning of nanoparticle pH sensitivity  

Finally, the stability of the hybrid nanoparticles at different pH 

values was correlated to the amount of lipid-(succinate)-mPEG 

incorporated into the lipid shell of the particles.  Hydrolysis of the di-

ester bond that links the mPEG to the PtdEG lipid occurs under either 

acidic or basic conditions but very slowly at neutral pH.  Figure 3.7 

shows the size of particle aggregates with varying amounts of pH-

sensitive lipid-(succinate)-mPEG incorporated into the lipid shell 

incubated for 20 hours over a range of pH values.   
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The greater the amount of lipid-(succinate)-mPEG incorporated 

into the particle’s lipid shell, the more stable the particle becomes, 

even at low pH, thus, tuning the pH sensitivity of the particle.  With only  

 

Figure 3.6.  Time dependent particle aggregation at pH = 7.4 and pH = 

5 over 24 hours.  Lipid-(succinate)-mPEG was incorporated into the lipid 

monolayer shell at a molar ratio of 15%.  Non-hydrolyzable DSPE-PEG 

was used in the same ratio as a negative control.  At pH = 7.4, both 

formulations are stable over the 24 hours, with the lipid-(succinate)-

mPEG particles increasing in size by only 28 nm (from 107 nm to 135 

nm).  At pH = 5, the DSPE-PEG particles remain stable while the lipid-

(succinate)-mPEG particles begin to aggregate immediately and 

continue for 6 hours before plateauing at around 2000 nm.  
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15 mol% lipid-(succinate)-mPEG, the particles completely destabilize 

when the pH is lowered to 6, resulting in large micron sized aggregates 

(average size 1370 nm).  The 20 mol% lipid-(succinate)-mPEG particles 

begin to destabilize at pH 6 forming dimers and trimers (average size 

263 nm) but do not fully aggregate until the pH is lowered to 5.  The 20 

mol% lipid-(succinate)-mPEG particles are said to be fully sensitive to 

acidic environments at or below pH = 5.  The 30 mol% lipid-(succinate)-

mPEG particles show full destabilization at pH = 4.  Particles with 40 

mol% lipid-(succinate)-mPEG begin to destabilize at pH = 3 increasing 

in size from 97 nm to 175 nm but do not show full destabilization.  The 50 

mol% lipid-(succinate)-mPEG particles do not show any measurable 

destabilization over the pH range tested.   

These results demonstrate that the more lipid-(succinate)-mPEG 

on the surface of the particles, the more ester bonds must be 

hydrolyzed before the PEG layer becomes sufficiently depleted to 

allow the aggregation of particles. 
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Figure 3.7.  Particle aggregate size (diameter, nm) at varying pH values 

after 20 hours incubation.  Lipid-polymer hybrid nanoparticles show 

increasing stability with increasing amounts of lipid-(succinate)-mPEG 

incorporated to the lipid monolayer shell.  With 15 mol%, complete 

aggregation occurs at pH = 6.  With 20 mol%, 30 mol% and 40 mol% 

lipid-(succinate)-mPEG, aggregating begins at pH = 6, 5, and 3, 

respectively.  With 50 mol% lipid-(succinate)-mPEG, aggregation is not 

observed over the range of pH values tested. 
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3.4 Conclusion 

 

We synthesized a novel lipid-(succniate)-mPEG conjugate, of 

which the PEG moiety can be shed readily at acidic conditions.  By 

incorporating lipid-(succinate)-mPEG onto the surface of lipid-polymer 

hybrid nanoparticles, the particles are made fusogenic, triggered by a 

reduction in pH values.   

The amount of lipid-(succinate)-mPEG incorporated into the lipid 

shell of the hybrid nanoparticles determines the pH value at which the 

particles destabilize and begin to aggregate.  We found that the 

higher the amount of lipid-(succinate)-mPEG incorporated into the 

particle’s lipid shell, the more stable the particles become, even at low 

pH.  The wide range of pH values for which the particles can be tuned 

to shed the PEG coating adds potential functionality to the 

nanoparticle drug delivery toolkit.  The aggregation of the lipid-coated 

polymeric nanoparticles indicates a promising method of fusing 

nanoparticles with cellular or endosomal membranes, making drug 

delivery more efficient and effective.  Moreover, the novel lipid-

(succinate)-mPEG conjugate may be used to make a range of other 
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drug delivery vehicles, including polymeric micelles, liposomes, 

lipoplexes, and nanoemulsions, environmentally sensitive.   

This technology represents a significant and useful improvement 

over a non-sheddable PEG coating.  However, as different tasks 

require different tools, this system may not be the best choice for all 

drug delivery vehicle systems.  The next chapter will focus on an 

alternative to PEG that can be used for systemic delivery and long 

circulating drug delivery vehicles. 

 

Chapter 3, in part, has been submitted for publication as it may 

appear in Small, 2011, Corbin Clawson, Linh Ton, Santosh Aryal, Sadik 

Esener, Liangfang Zhang.  The dissertation author was the primary 

investigator and author of this paper. 
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4. A Drug Delivery Vehicle with a 
Biomimetic Stabilizer to Replace PEG 

 

 

4.1 Introduction 

 

As previously discussed, PEG is the current state of the art in long 

circulating nanoparticle technologies.  In the previous chapter we 

discussed an improvement upon the PEG coating by making the PEG 

sheddable in response to an environmental trigger.  This is particularly 

useful for the delivery of sensitive biomolecules.  However, there is a 

need for an alternative to PEG in order to increase the number of tools 

available to drug delivery vehicle designers. 

For systemic delivery of therapeutic or diagnostic agents, 

clearance from the bloodstream is one of the most challenging hurdles 

to overcome.(124-126) Drug delivery vehicles need to lie within a sweet 
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spot of physical characteristics including size, surface charge or zeta-

potential, solubility, and steric stability in order to navigate the bodies 

numerous defenses against foreign material and pathogens.(73, 127-

132) Apart from size, most, if not all, of the optimal characteristics are 

governed by the nanoparticle surface properties.  Charged surface 

molecules dominate the zeta potential.  Solubility can be altered 

through the use of surfactant or amphiphilic molecules that alter the 

polarity or hydrophobicity at the nanoparticle surface.  Steric stability is 

likewise a property conferred by surface molecules which prevent 

aggregation and adsorption of proteins.  PEG performs well in 

conferring desirable surface properties to nanoparticles in all these 

categories.  

As useful as PEG has been proven to be in creating long-

circulating nanoparticles, alternatives should be explored. Just as the 

overuse of a single antibiotic can lead to resistant pathogens, relying 

on a single technology to solve a problem within a complex and 

adaptive system such as the human body can lead to problems down 

the road. Recent studies have shown that over 25% of the population 

already produces anti-PEG antibodies(79, 80), which is no surprise 

given the ubiquitous nature of PEG in everyday products such as 

toothpaste and shampoo.  The presence of anti-PEG antibodies is also 
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strongly correlated with the rapid clearance of certain PEGylated 

biomolecules. (133) 

Lipid-polymer hybrid nanoparticles have been shown to be a 

suitable long-circulating drug delivery vehicle platform.(46)  But the 

typical lipid-polymer hybrid nanoparticle formulation relies on PEG to 

impart long circulation properties.  In the search for an alternative to 

PEG that could be used with the lipid-polymer hybrid platform, we 

turned to nature for a solution. The body naturally produces hybrid 

nanoparticles called high-density lipoproteins (HDL) and low-density 

lipoproteins (LDL) that circulate in the blood stream and transport fats 

and cholesterol through the body. These natural particles are 

composed of a hydrophobic core made up of cholesterol, 

triglycerides, fats, and fatty acids. Surrounding the core is a monolayer 

of amphiphilic phospholipids that stabilize the hydrophobic core in the 

aqueous blood.  Incorporated into the phospholipid monolayer are 

apolipoproteins. The apolipoproteins stabilize the particles and aid in 

increasing the circulation half-life of the lipoprotein particles, as well as 

serve as signaling and receptor molecules.(134-136)   

Based on the lipid-polymer hybrid nanoparticle, we developed a 

biomimetic system that simulates the characteristics of natural 

lipoprotein particles consisting of a hydrophobic PLGA core, a 
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phospholipid monolayer surrounding the PLGA core, and 

apolipoproteins integrated into the lipid monolayer shell. Previous 

studies have used peptide sequences derived from apolipoproteins to 

solubilize lipids and form nanoparticles capable of delivering 

cargo.(137, 138)  Our work is differentiated from these studies primarily 

by the use of polymeric nanoparticle cores instead of lipids.  The 

polymeric core allows for controllable release characteristics based on 

the polymer composition as well as a wider range of diameters, which 

can lead to greater drug loading.  We present here the fabrication 

and characterization of this biomimetic nanoparticle and open the 

way for its use in the future as a drug delivery platform.  We call the 

new nanoparticle based theranostic platform Nano Polymer Hybrid 

Apolipoprotein Theranostic System, or NanoPHATS. A diagram of a 

NanoPHATS particle is presented in Figure 4.1. 
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Figure 4.1. Schematic showing fabrication of NanoPHATS and the 

incorporation of Apolipoprotein A1 onto the surface of a polymer 

nanoparticle covered with a lipid monolayer. The lipid-polymer 

nanoparticle resembles the structure of natural lipoprotein particles 

onto which Apolipoproteins preferentially adhere. B) Scanning electron 

microscope images of the NanoPHATS showing relatively uniform size 

and spherical shape. Average size 84nm by DLS and confirmed by SEM. 
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4.2 Experimental Methods 

 

4.2.1 Materials 

Apolipoprotein A1 was purchased from Ray Biotech (Norcross, 

GA).  PLGA (50:50, 0.82 dL/g) was purchased from Lactel Absorbably 

Polymers (Pelham, AL).  1,2-distearoyl-sn-glycero-3-

phosphoethanolamine-N-[carboxy(polyethylene glycol)-2000] (DSPE-

PEG carboxylic acid) was purchased from Avanti Polar Lipids 

(Alabaster, AL).  Lecithin (avg. MW – 330) was purchased from Alfa 

Aesar (Ward Hill, MA).  The bicinchoninic acid (BCA) assay was 

purchased from Pierce (Rockford, IL).  Phosphate buffered saline (PBS) 

was purchased from Invitrogen (Carlsbad, CA).  4 mL capacity Amicon 

filters (10,000 MWCO) were purchased from Millipore (Billerica, MA).  

The Zetasizer Nano dynamic light scattering instrument used was 

manufactured by Malvern (Worcestershire UK). 

 

4.2.2 NanoPHATS fabrication methods 

The NanoPHATS were synthesized using the nanoprecipitation 

method.  Aqueous lipid solutions were prepared by dissolving either 

lecithin or lecithin and DSPE-PEG in a 4% ethanol solution.  The 

concentration of lecithin for NanoPHATS was 150µg in 4mL of 4% EtOH, 
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or 37.5µg/mL.  For 20% molar DSPE-PEG lipid-hybrid NPs, the amount of 

lecithin was reduced to 120µg/mL and a corresponding molar amount 

of DSPE-PEG (259µg) was added to replace the lecithin.  The aqueous 

solutions were heated to 68°C for 3 minutes to ensure the lipids were in 

a fluid state.  PLGA was dissolved at 1mg/mL in acetonitrile and 1mL 

was added dropwise to 4mL of either plain water, the lecithin solution, 

or the lecithin and DSPE-PEG lipid solution while the solutions were 

stirred on a heated magnetic stir plate.  The solution was vortexed 

vigorously for three minutes and 1mL of water was added.  The solution 

was then allowed to stir in a chemical hood at room temperature for 

two hours to allow the acetonitrile to evaporate.  In order to remove 

residual acetonitrile and any unincorporated lipids, the particle solution 

was then washed twice using an Amicon centrifuge filter with a 10,000 

MWCO at 2500xg for 12 minutes and concentrated to 1mg PLGA/mL. 

Apolipoprotein A1 was then added to the particle solution at a ratio of 

1:25 protein to PLGA. The solution was gently mixed overnight to allow 

the protein to incorporate into the lipid shell of the hybrid NPs.  

Control particles used in experiments had either no lipid coating 

at all on the PLGA (Bare PLGA NPs), only a lecithin coating (lecithin 

coated NPs), or lecithin and 20 mol% DSPE-PEG coating (PEG coated 

NPs).   
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4.2.3 NanoPHATS characterization methods 

NanoPHATS particle size and zeta-potential were measured 

using a dynamic light scattering instrument. To test particle stability in 

high ionic strength solutions, 10x phosphate buffered saline (PBS) was 

added to particle solutions to achieve a final 1x PBS concentration and 

DLS measurements were taken immediately. In addition, absorbance 

was measured on a Tecan spectrophotometer at 560nm immediately 

after adding PBS and repeatedly over the next hour.  Gentle shaking 

for 5 seconds was done between each measurement to prevent 

settling of aggregated particles. 

A bicinchoninic acid (BCA) assay was used to determine the 

amount of Apolipoprotein A1 successfully incorporated into the 

surface of the lipid-polymer hybrid nanoparticle surface.  The 

absorbance was compared to samples with known protein 

concentrations in order to quantify an unknown protein concentration. 

To test particle stability in PBS, the 10X PBS was added to the 

particle solutions in a 1:9 ratio to make 1X PBS and particle solutions.  

The size was then measured using a Malvern Zetasizer Nano.  

Absorbance measurements were also taken using a Tecan 

spectrophotometer in a 96 well plate.  The particles were added to the 

plate and 10X PBS was added to make the solution a final 1X PBS 
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concentration.  Absorbance was immediately measured and at 

approximately 4 minute intervals over 1 hour.  In between 

measurements, gentle shaking of the plate was automatically 

performed by the spectrophotometer in order to prevent the settling of 

larger aggregates out of solution.  To test particle stability in serum, the 

absorbance method was again used. The particle solutions were 

added to a 96 well plate and an equal amount of serum was added 

to produce a 50% serum and particle solution. The absorbance was 

measured over the course of one hour with gentle shaking of the plate 

for five seconds between each measurement to ensure any 

aggregates did not settle to the bottom of the well and distort the 

measurement.   

 

4.2.4 Method to determine in vivo circulation half-life 

The NanoPHATS were then tested in vivo to determine the 

circulation half-life. PEG coated NPs were used as a positive control. 

1,1'-dioctadecyl-3,3,3',3'-tetramethylindodicarbocyanine perchlorate 

('DiD' oil) is a hydrophobic fluorescent dye and was loaded into the 

hydrophobic PLGA core of the NPs.  100 µL of the NP solution at a 

concentration of 1mg NPs/mL was administered to mice via tail vein 

injection. Approximately 30 µL of blood was collected through retro-
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orbital bleeding at various time points over the course of 24 hours. The 

whole blood was plated in a 96 well plate and PBS was added to bring 

the volume up to 100 µL. The fluorescence signal of the whole blood 

was measured using a Tecan spectrophotometer using an excitation 

wavelength of 630nm and an emission wavelength of 675nm.  The 

background signal from blood collected before NP injection was 

subtracted from each sample. The measurements were normalized to 

the signal measured from the sample taken immediately after injection.  

 

 

4.3 Results and Discussion 

 

4.3.1 Characterization and stability results 

The size of the nanoparticles had an average size of 86nm and a 

zeta-potential of  -24mV as shown in Figure 4.2 B. Micrographs were 

taken of the particles using a scanning electron microscope as 

presented in Figure 4.2 A. Physical size was shown to correlate with the 

size measured by DLS. The particles appear spherical and individual, 

isolated particles were observed.  By varying the PLGA concentration 
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during the nanoprecipitation process, smaller or larger particle sizes 

can be easily achieved ranging from 50nm to 200nm. 

The Apo A1 incorporation efficiency of the NanoPHATS was 

measured using a BCA assay (Figures 4.3, 4.4).  The amount of protein 

incorporated into the surface was found to be 38 µg per mg of PLGA 

when the particles were left to stir gently overnight.  As a total of 40 µg 

of Apo A1 was used in the fabrication of the NanoPHATS, this 

corresponds to a 94% incorporation efficiency.  When the Apo A1 was 

added to the aqueous solution prior to the nanoprecipitation of PLGA, 

the amount of protein incorporated into the lipid monolayer was 

significantly lower.  This may be due to the higher levels of solvent 

present that increase the solubility of the protein in the aqueous phase  

and preventing incorporation into the lipid layer. This method resulted 

in only 30 µg incorporation, or a 74% incorporation efficiency.   

The BCA assay is a colorimetric assay to measure total protein 

concentration in a solution.  According to the manufacturer, peptide 

bonds in proteins reduce Cu2+ ions in a cupric sulfate solution to Cu1+ 

ions.  The Cu1+ ions chelate with two molecules of bicinchoninic acid, 

which changes color and absorbs strongly at 562nm.  The amount of 

Cu1+ ions produced is proportional to the amount of protein in solution.  

The BCA assay is not an endpoint reaction and should therefore not be 
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left to react indefinitely.  However, by increasing the overall reaction 

volume and allowing the reaction to take place at 37°C, the sensitivity 

of the assay can be improved to >0.5 µg/mL. 

 

 

 

Figure 4.2. A) Scanning electron microscope images of the NanoPHATS 

showing relatively uniform size and spherical shape. Size consistent with 

DLS measurements. B) Average size 86nm by DLS with PDI = 0.19.  Zeta 

potential = -24mV as measured by DLS. 
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Figure 4.3.   Protein concentration of NanoPHATS comparing three 

different fabrication techniques: 1. Apo A1 is added to the aqueous 

solution before PLGA nanoprecipitation, 2. Apo A1 is added after the 

PLGA nanoprecipitation into the aqueous solution and is allowed to stir 

at 4°C for 1 hour, and 3. Apo A1 is added after the PLGA 

nanoprecipitation and allowed to stir at 4°C for 24 hours.  Lecithin 

coated NPs were used to determine the background of the assay.   
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Figure 4.4. Quantified Apo A1 incorporation efficiency. All 

measurements made using the BCA protein quantitation assay. 
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Ions in high ionic strength solutions shield the surface charge of 

particles, reducing the electrostatic repulsion and destabilizing the 

particles. DLS measurements as shown in Figure 4.5 A indicate the size 

of bare PLGA nanoparticles as well as lecithin-coated nanoparticles 

increases significantly.  The sizes of DSPE-PEG stabilized nanoparticles 

and the Apolipoprotein A1 stabilized NanoPHATS do not increase 

significantly over the initial size.  In addition, absorbance was measured 

on a Tecan spectrophotometer at 560nm immediately after adding 

PBS and repeatedly over the next hour. As particles form larger 

aggregates, more light is scattered. The increased scattering can be 

measured as an increase in absorbance.  

This is based on the principle of Mie scattering, in which particles 

whose size is close to the wavelength of the incident light scatter light 

dependent on their size.  The larger the particle, the more light is 

scattered.  Mie scattering is relatively independent of wavelength.  As 

particles aggregate, more light is scattered, thus increasing the 

absorbance measurement.  This measurement method is only 

qualitative for the purposes of this experiment.  The actual 

determination of particle size from Mie scattering measurements 

involves complex mathematics and precise knowledge of particle 

characteristics such as refractive index, dielectric constant, and 
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absorption coefficient.  The characterization of these NPs to this 

degree is beyond the scope of this work.  However, the absorbance 

measurement can still give a reliable and repeatable qualitative look 

at the particle stability. 

The bare PLGA NPs and the lecithin coated NPs both show a 

marked increase in size as measured by DLS as well as an increase in 

absorbance. Figure 4.5 shows the increase in size of Bare NPs and 

Lecithin NPs in PBS, and the stability of PEG NPs and NanoPHATS in the 

same PBS solution, as measured by both DLS and absorbance.   

To test particle stability in serum, the absorbance method was 

again used. The particle solutions were added to a 96 well plate and 

an equal amount of serum was added to produce a 50% serum and 

particle solution. The absorbance was measured over the course of 

one hour with gentle shaking of the plate for five seconds between 

each measurement to ensure any aggregates did not settle to the 

bottom of the well and distort the measurement.  The increase in 

relative absorbance was calculated, subtracting the absorbance 

values from the initial time point, and then normalized to the highest 

measurement. Figure 4.6 shows the normalized absorbance for bare 

PLGA NPs, lecithin coated NPs, 20% PEG coated NPs, and NanoPHATS.  
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Figure 4.5. Stability of different nanoparticles in a high ionic strength 

solution (phosphate buffered saline).  A) Dynamic light scattering 

measurement of hydrodynamic diameter in 1X PBS for bare PLGA NPs, 

lecithin coated PLGA NPs, lecithin + 20 mol% lipid-PEG coated PLGA 

NPs, and NanoPHATS. B) Absorbance measurements in PBS of coated 

and uncoated PLGA NPs over time indicating the increased scattering 

by aggregated particles. NanoPHATS and 20% PEG coated NPs do not 

aggregate in PBS as evidenced by no increase in absorbance. 
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Figure 4.6. Serum stability of various coated and uncoated 

nanoparticles, as measured by absorbance. Various nanoparticle 

solutions were added to fetal bovine serum in a 1:1 ratio making the 

final serum concentration 50%. Absorbance values were normalized to 

the highest absorbance level after subtracting the average 

background from plain 50% serum. Uncoated PLGA NPs and lecithin 

coated NPs increase the absorbance significantly, indicating 

aggregation. Both 20 mol% PEG coated and NanoPHATS show only 

slight increases in absorbance, indicating minimal aggregation and 

protein binding. 
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The lecithin coated nanoparticles increased in absorbance the 

most, followed by bare PLGA NPs. NanoPHATS and PEG coated NPs 

only had a modest increase in absorbance. The NanoPHATS showed 

an increase of only 12% of that of the lecithin NPs and the PEG coated 

NPs 10% of the lecithin NPs. 

 

4.3.2 In vivo circulation half-life results 

The NanoPHATS were then tested in vivo to determine the 

circulation half-life. PEG coated NPs were used as a positive control. 

1,1'-dioctadecyl-3,3,3',3'-tetramethylindodicarbocyanine perchlorate 

('DiD' oil) is a hydrophobic fluorescent dye and was loaded into the 

hydrophobic PLGA core of the NPs. DiD oil is only weakly fluorescent in 

aqueous environments but is very photostable in lipophilic 

environments. Thus, any dye that diffuses out of the NPs into the blood 

stream contributes minimally to the overall signal. 100 µL of the NP 

solution at a concentration of 1mg NPs/mL was administered to mice 

via tail vein injection. Approximately 30 µL of blood was collected 

through retro-orbital bleeding at various time points over the course of 

24 hours. The whole blood was plated in a 96 well plate and PBS was 

added to bring the volume up to 100 µL. The fluorescence signal of the 

whole blood was measured using a Tecan spectrophotometer using 
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Figure 4.7. In vivo circulation data for fluorescent NanoPHATS 

and 20 mol% lipid-PEG coated NPs. NPs administered to 3 mice each 

via tail vein injection. The signal was normalized to the first time point 

sample.  The inset shows the fluorescence signal plotted on a log scale. 

The data show a two-phase curve, the second phase representing the 

elimination of the particles from the blood stream. The circulation half-

life was calculated from the slope of the second phase decrease. 
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an excitation wavelength of 630nm and an emission wavelength of 

675nm.  The background signal from blood collected before NP 

injection was subtracted from each sample. The measurements were 

normalized to the signal measured from the sample taken immediately 

after injection. The measured fluorescence for both 20% PEG coated 

NPs and NanoPHATS are presented in Figure 4.7.  

The fluorescent signal shows a bimodal decay. It was assumed 

the particles followed a standard two-compartment model with the 

alpha phase indicating the biodistribution half-life and the beta phase 

indicating the elimination half-life. The elimination half-life was 

calculated using the formula given in Equation 4.1, 

!1 2 =
ln 2

!
      (4.1) 

where λ is the absolute value of the slope of the β-phase of the curve 

when plotted on a semi-log scale. The first hour was taken to be the α-

phase and those data points were excluded when determining the β-

phase slope. The circulation half-life was found to be 27.7 hours for the 

NanoPHATS and 26.0 hours for the PEG coated NPs.  
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4.4 Conclusion 

 

A biomimetic, nanoparticle based theranostic system we call 

Nano Polymer Hybrid Apolipoprotein Theranostic System (NanoPHATS) 

was developed to provide an alternative to PEGylated nanoparticles. 

NanoPHATS, consisting of a hydrophobic PLGA polymer core, a lipid 

monolayer shell, and Apolipoprotein A1 molecules integrated onto the 

surface, can be synthesized with a size range of 50-200nm. The 

NanoPHATS show excellent stability in high ionic solutions, such as PBS, 

as well as in high serum protein solutions. NanoPHATS also show an in 

vivo circulation half-life equivalent to PEGylated lipid-polymer hybrid 

nanoparticles. Drawbacks of PEG coatings, such as possible 

immunogenicity, are avoided by using endogenous lipoproteins as the 

stabilizing agent. NanoPHATS represent an important addition to the 

engineer’s toolbox for designing drug and theranostic delivery vehicles 

for the treatment of diseases. 
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Chapter 4, in part, is currently being prepared for submission for 

publication of the material.  Corbin Clawson, Li Zhang, Linh Ton, Sadik 

Esener, Liangfang Zhang. 
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5.  Conclusions and Future Directions 

 

Drug delivery vehicles represent an important field of research 

that has already been shown to improve the efficacy of numerous 

therapeutic formulations.  There remains a great many opportunities for 

further advancements in this field.  The work of this dissertation aims to 

present important improvements in three specific areas of drug 

delivery technology: 

1. The co-delivery of antigen and adjuvant molecules for 
improved immunostimulation, especially through the 
used of surface presentation of bioactive molecules. 
 

2. The development of a stabilizing coating for drug 
delivery vehicles that can be shed in response to an 
environmental stimulus in order to promote intracellular 
delivery of cargo. 
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3. The development of a biomimetic stabilizing coating 

that can replace PEG to avoid immunogenicity.  
 
 

The results presented here show significant advancements in 

these areas.  Adding to the drug delivery vehicle toolkit available to 

researchers and clinicians, these technologies can aid in overcoming 

the difficulties in treating cancer as well as have a broad impact on 

the field of drug delivery as a whole.  The following sections will 

reiterate the important conclusions presented by this work. 

 

 

5.1 PLGA Vaccine Delivery Vehicles 
 
 

Vaccination remains the most effective prophylaxis available for 

a wide variety of infectious diseases and is even being explored for the 

treatment of cancer.(27, 28)  PLGA nanoparticles were chosen as a 

vaccine drug delivery vehicle for the purpose of co-delivery of both 

antigen and adjuvant biomolecules.  Hp91, a novel immunostimulatory 

peptide, was chosen as the adjuvant and bovine serum albumin the 

antigen. Encapsulation efficiency and release kinetics of Hp91 were 

determined for two different formulations: 1. Hp91 encapsulated inside 
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the PLGA nanoparticles, and 2. Hp91 conjugated to the surface of the 

PLGA nanoparticles.   

In order to determine if the activity of the Hp91 peptide was 

affected by encapsulation or conjugation, the nanoparticles were 

tested for their stimulatory activity on mouse and human dendritic cells, 

the professional antigen presenting cells of the immune system.  Both 

formulations not only preserved the activity of Hp91, but were 

anywhere from 6 fold to 44 fold more potent in stimulating mouse and 

human dendritic cells than free Hp91 peptide.  The surface 

presentation of the Hp91 peptide greatly enhanced the 

immunostimulatory properties.  The accessibility of the adjuvant by the 

cell when conjugated to the surface of the nanoparticles is likely the 

reason for increased activity.  Bioactive surface are therefore an 

important area for further research. 

The PLGA nanoparticle system presented here shows promise as 

a vaccination platform, especially in that both antigen and adjuvant 

can be protected from protease degradation and simultaneously 

delivered to immune cells.  The protective properties of polymer 

encapsulation open the possibility of gastrointestinal vaccine systems, 

which would undoubtedly increase patient convenience and 

compliance when compared to subcutaneous injection vaccines. 
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The beneficial controlled release characteristics of the polymer 

nanoparticles may for a vaccine depot to form at the site of injection.  

This may increase the efficacy and lead to a reduction in antigen 

material necessary to confer immunity, thus improving efficacy and 

safety.  The effects of the polymer composition of the nanoparticle on 

release kinetics should be explored in order to optimize the system for 

vaccine use. 

The co-delivery of both antigen and adjuvant remains a key 

benefit, especially in the development of cancer vaccines, where 

tolerance to self-antigens is difficult to overcome.  In order to avoid the 

generation of tolerance in the immune system, the immune cells must 

encounter both antigen and adjuvant simultaneously.  The work 

presented here effectively shows this critical co-delivery ability of PLGA 

nanoparticles, making them a promising cancer vaccine platform.   

Future work using PLGA nanoparticles as cancer vaccine drug 

delivery vehicles should be pursued ambitiously, as the potential 

benefits are enormous.  Areas of interest are the development of 

gastrointestinal vaccine formulations, the optimization of release 

kinetics by altering polymer composition, and the development of a 

cancer vaccine using PLGA nanoparticles. 
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5.2 PEG Shedding Drug Delivery Vehicle 

 

For systemic delivery, nanoparticles need to have long 

circulation half-lives in order to increase their probability of finding the 

target tissue.  Poly(ethylene glycol) coatings have become the 

standard for imparting long circulation characteristics on drug delivery 

vehicles.  Once the long circulating particle reaches its destination, 

whether it is a solid tumor or some other tissue, the cargo must find its 

way to its cellular target.  Cutting edge technologies are using 

biomolecules as the therapeutic cargo.  Such proteins, peptides, and 

nucleic acids risk being degraded if they are endocytosed.  The 

endosome and lysosome become highly acidic (pH ~ 4) and any 

biomolecules are degraded completely in this environment.  The PEG 

coating which previously imparted the beneficial long circulation half-

life now becomes detrimental to the delivery of sensitive cargo.  The 

steric stabilization of the PEG prevents the nanoparticle from disrupting 

the endosomal membrane and escaping into the cytosol.  In order to 

overcome this barrier to the delivery of sensitive cargo to the cytosol, a 

novel PEG coating was developed capable of being shed in response 

to a drop in local pH. 
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The molecule designed consists of a phospholipid conjugated to 

a PEG polymer chain via a succinate linker.  The succinate linker 

incorporates a double ester bond that is sensitive to hydrolysis.  In 

acidic environments, the ester bond is broken, releasing the PEG chain 

and exposing the phospholipid.  Lipid-polymer hybrid nanoparticles 

were fabricated with the novel lipid-(succinate)-mPEG molecule 

incorporated into a fusogenic lipid monolayer on the surface of a 

PLGA nanoparticle core.  Upon the release of the PEG coating, the 

fusogenic lipid monolayer is free to interact and fuse with other lipid 

layers, including cellular and endosomal membranes.   

The nanoparticles were shown to be stable over 24 hours at 

neutral pH, but destabilized quickly at pH 5.  This was confirmed by DLS 

and SEM, showing the destabilized structures.  Finally, formulations were 

developed to allow the destabilization of the nanoparticles at any pH 

over a wide range of acidic values from neutral to pH = 3.  This ability is 

critical so that the PEG shedding system can be used in various 

applications.  For example, a nanoparticle that destabilizes at pH = 4 

would be appropriate for lysosomal escape while a nanoparticle that 

sheds its PEG coating at pH = 6.5 would be optimal for intratumoral 

delivery where the extracellular space is only slightly acidic. 



127 

 

Future work in this area should include the in vivo and in vitro 

testing to confirm cytosolic delivery.  Endosomal and lysosomal 

tracking dyes can be used to monitor the uptake and escape of the 

nanoparticle cores into the cytosol.  Application of lipid-(succinate)-

mPEG to other drug delivery vehicles such as liposomes and lipid 

micelles would greatly expand the utility of the system.  Significant work 

needs to be done in the scale up synthesis and purification of the lipid-

(succinate)-mPEG molecule as it is now only produced at the 10-100 

mg scale.   

 

 

5.3 Biomimetic Stabilizer to Replace PEG 

 

While PEG coatings are the current state of the art for stabilizing 

nanoparticle drug delivery vehicles and imparting long circulation half-

lives, there exist some reasons to explore alternatives.  There is a 

demonstrated risk of immunogenicity, which can lead to accelerated 

blood clearance after repeated dosing.  This becomes an important 

issue as drug delivery vehicle usage in the clinic increases every year.  
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In order to offer an alternative that would not cause an immunogenic 

response, we looked to nature for inspiration. 

A biomimetic stabilizing coating was developed based on the 

body’s own long circulation nanoparticles, high-density lipoproteins 

(HDL) and used to create a novel drug delivery vehicle platform we 

call NanoPHATS.  Apolipoprotein A1 is the major component of HDL 

and serves as an amphiphilic surface-active molecule to solubilize 

hydrophobic glycerides and cholesterols in the aqueous blood.  Apo 

A1 incorporates itself into a phospholipid monolayer that surrounds the 

hydrophobic core.  Apolipoprotein A1 was used to stabilize a drug 

delivery vehicle consisting of a hydrophobic PLGA polymer core and a 

phospholipid monolayer coating.   

Using the one step nanoprecipitation fabrication process, sub 

100 nm particles with spherical morphology achieved.  The Apo A1 

incorporation efficiency was measured to be 94% and the particles 

were stable in high ionic strength solutions as well as 50% serum.  

Stability is serum is an important characteristic as serum proteins are 

often the cause of opsonization and destabilization, leading to rapid 

blood clearance.  

Finally, the in vivo circulation half-life of NanoPHATS was 

compared to PEGylated nanoparticles using a mouse model.  The 
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circulation half-life of NanoPHATS exceeded that of the PEGylated 

particles, confirming the stabilizing properties of Apo A1.  In addition, 

the ability of the Apo A1 to hid the particles from the immune system 

by mimicking natural HDL and LDL particles is proven by the long 

circulation half-life, something that would not be possible if the 

particles were recognized by the immune system.  

Future work on the NanoPHATS system can involve the delivery of 

model therapeutics in a mouse model.  NanoPHATS would be an 

excellent candidate for chemotherapeutic delivery to solid tumors or 

for the treatment of blood cancers owing to its long circulation half-life.  

In addition, the ability of NanoPHATS to target atherosclerotic plaques 

should be explored as the apolipoprotein surface coating may aid in 

the infiltration of the nanoparticles into existing arterial plaques. 
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